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Abstract
Cartilage, as well as many soft connective tissues, functions mechanically across a wide
spectrum of daily loading frequencies (time scales), from <1 Hz in slow activities such as
walking, to 1000 Hz for high-rate activities such as jumping and impact sports. A major
mechanism underlying the macroscale mechanical functions of cartilage is known to be
poroelasticity, based on previous theoretical and experimental studies. Poroelasticity manifests
itself via fluid-solid frictional dissipation and intra-tissue fluid pressurization that underlie
important mechanical functions of cartilage, especially frequency-dependent self-stiffening,
load-bearing, energy dissipation, solute and fluid transport, lubrication and mechanotransduction.
More recently, nanoscale methodologies have been employed to study cartilage function under
quasi-static and low frequency loadings. However, the nanoscale full-frequency spectrum of
poroelastic behavior, which is critically important to the understanding of molecular level fluid-
solid interactions in dynamic loading, has not been well-studied. How does the molecular
structure of cartilage provide optimal tissue-level function over the wide spectrum of daily joint
motions, what are the molecular mechanisms underlying this optimal function, and how does
impact loading induce molecular-level degradation of the extracellular matrix (ECM) that occurs
at the earliest stages of post-traumatic osteoarthritis?
In this thesis, atomic force microscopy (AFM)-based oscillatory loading was employed in
conjunction with finite element modeling to quantify and predict the frequency-dependent
mechanical properties of articular cartilage at deformation amplitudes 6 - 2 - 15 nm; i.e., at
length scales less than the dimension of single collagen or aggrecan molecules. The magnitude
IE*I and the phase angle p of the dynamic complex indentation modulus were first measured in
the frequency range, f - 0.2-130 Hz. For fresh, normal cartilage, the experimental frequency and
length-scale dependence of IE*I and p, corresponded well with that predicted by a fibril-
reinforced poroelastic model over a 3-decade frequency range. Hence, these results suggest that
I
poroelasticity is the dominant mechanism underlying the frequency-dependent mechanical
behavior observed, even for these nanoscale deformations.
Second, a new AFM-based wide-frequency rheology system was developed to extend the typical
frequency range of commercial AFMs (i.e., 0.1 - 300 Hz) to the much wider frequency range of
0.1 Hz to 10 kHz. The dynamic nanomechanical behavior of normal and glycosaminoglycan
(GAG)-depleted cartilage (the latter representing matrix degradation that occurs at the earliest
stages of osteoarthritis) were measured. The dynamic modulus of cartilage was found to undergo
a dramatic alteration after GAG loss even with the collagen network still intact: while the
magnitude of the dynamic modulus decreased 2-3-fold at higher frequencies, the hydraulic
permeability increased up to 25-fold, suggesting that early osteoarthritic cartilage is more
vulnerable to higher loading rates than to the conventionally studied 'loading magnitude'.
Third, a key ECM macromolecule, the GAG-rich proteoglycan, aggrecan, was isolated from
native cartilage. Dense brush layers of aggrecan having the same packing density as that in
normal cartilage, were end-grafted onto gold-coated substrates for AFM-based nanomechanical
studies. The dynamic mechanical behavior of these 3-D aggrecan layers, including fluid-solid
interactions over a wide range of frequencies was quantified using the high frequency AFM-
based rheology system. For the first time, the hydraulic permeability of aggrecan layers was
measured at the molecular level and was quantified to be k = 4.8 x 10 -15 + 2.8 x 10 -15 m4/Ns,
which closely matched both the nanoscale and macroscale hydraulic permeability of native
cartilage. These results confirmed that aggrecan is primarily responsible for the resistance to
fluid flow in cartilage at the molecular scale, and thereby primarily responsible for tissue-level
poroelastic behavior. The mechanisms underlying the poroelasticity of aggrecan layers were
also investigated and found to be dominated by the electrostatic interaction between the GAG
chains of aggrecan.
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List of Figures
1-1 Aggrecan molecule from bovine fetal epiphyseal cartilage, imaged by tapping- 27
mode Atomic Force Microscopy (AFM). Courtesy of Laurel Ng
1-2 Matrix degradation of cartilage shown as GAG loss, followed by collagen loss in 28
an in vitro cartilage injury. Courtesy of Yang Li
2-1 (a) Samples were harvested from the femoropatellar grooves of 1-2-week-old 58
bovine calves. (b) Compressive deformations were applied using AFM probe tips
having probe diameter of R = 12.5 pm. (c) The deformation profile consisted of
an initial preindentation of 5o = 2-4 pm followed by sinusoidal displacements
having an amplitude 6=15 nm superimposed on the the preindentation (o. The
displacement frequency was swept from f = 0.2-130 Hz. (d) The finite element
simulation is shown schematically for an impermeable indentor and substrate
2-2 (a) The mean value and 95% confidence intervals for the magnitude of the 59
dynamic indentation modulus tE*l is shown as a function of frequency for n = 10
independent indentation sites on one typical disk. The moduli EL and EH
represent the low frequency and high frequency asymptotes of the modulus
curve, respectively. (b) The mean value and 95% confidence intervals for the
phase angle of dynamic modulus versus frequency. The characteristic frequency
at which the phase peaks is denoted by fpek. At low and high frequencies the
phase angle approaches zero. The behavior predicted by an isotropic (red) and a
fibril-reinforced (blue) poroelastic finite element model are shown for the
magnitude and phase of the dynamic modulus. The material parameters obtained
from the best fit of the isotropic model to the data are: E = 0.032 MPa, k =
9.1x10 ' 4 m4 /N-s and v = 0. The material parameters obtained from the best fit of
the fibril-reinforced model are: Em = 0.032 MPa, Er = 0.29 MPa, k = 1.3x10- 4
m4/N-s, with v taken to be 0.1 based on measurements reported for similar bovine
calf cartilage in the literature
2-3 (a, b) Magnitude and phase of the dynamic indentation modulus of cartilage 60
measured with increasing indentation depths 9o and, as a result, increasing
contact distances d for indentation at a single typical location. (b) The peak
frequency fpeak decreased with increasing contact distance d. (c) The peak
frequency, freak is plotted as a function of the inverse square of the contact
distance, lid 2, for five sequential increases in d performed at three different
locations (each line corresponding to one of the locations). The best fit linear
regression lines between feak and i/d2 (the minimum value of the goodness-of-
the-fit, R2 was 0.949 for all the 16 locations) confirming this relation between
freak and l1d 2 suggest that poroelasticity is the dominant mechanism in the
observed dynamic response at the nano-scale
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2-4 (a,b) Parametric study of the dynamic response of the fibril-reinforced model by 61
varying the Young's modulus of the nonfibrillar matrix, Em. The other parameter
values are fixed at: Ef = 0.1 MPa, k = 2x10~14 m4 /N -s and v = 0.1 (c,d) Parametric
study of the dynamic response by varying the Young's modulus of the fibril
network, Ef. The other parameter values are fixed at: Em = 0.03 MPa, k = 2x10-4
m4/N-s and v = 0.1
2-5 Fluid velocity magnitude and pore pressure computed from the fibril reinforced 62
model based on parameter values in Table 1. Fluid velocity magnitude is shown
for low frequencies f = 3 Hz (a - d) and high frequency f = 70 Hz (a' - d'). Pore
pressure is shown for low frequencyf= 3 Hz (e - h) and high frequencyf= 70 Hz
(e' - h'). The fluid velocity and pore pressure are compared at four different times
over a full cycle, i.e., t = 0, T/4, T/2 and 3T/4 where T is the period of the
corresponding frequency
S2-1 (a, b) Parametric study of the magnitude and phase of the dynamic modulus 66
resulting from variations in the Poisson's ratio, v, based on fibril-reinforced
model: v = 0, 0.15 and 0.45, and the other parameter values are set at: Em = 0.03
MPa , Ef = 0.1 MPa and k = 2x10-14 m4/N-s. The ratio of high to low
frequency modulus, EH/EL (c), Low-frequency modulus, EL (d) and the peak
frequency freak (e) are plotted versus the Poisson's ratio, v, for values between 0
and 0.45.
S2-2 (a) Raw data for the experiment of Figure 2 are shown along with the mean value 67
and 95% confidence intervals for the magnitude of the dynamic indentation
modulus IE*I versus frequency for n = 10 independent indentations on one typical
disk. The moduli EL and EH represent the low frequency and high frequency
asymptotes of the modulus curve, respectively. (b) Raw data along with teh mean
value and 95% confidence intervals for the phase angle of dynamic modulus
versus frequency. The characteristic frequency at which the phase peaks is
denoted by frk. At low and high frequencies the phase angle approaches zero.
The behavior predicted by an isotropic (red) and a fibril-reinforced (blue)
poroelastic finite element model are shown for the magnitude and phase of the
dynamic modulus. The material parameters obtained from the best fit of the
isotropic model to the data are: E = 0.032 MPa, k = 9.1x10- 14 m4/N-s and v = 0.
The material parameters obtained from the best fit of the fibril-reinforced model
are: Em = 0.032 MPa, Ef = 0.29 MPa, k = 1.3x10-14 m4/N-s, with v taken to be 0.1
based on measurements reported for similar bovine calf cartilage in the literature.
S2-3 Comparison between the magnitude (a) and phase (b) of the dynamic modulus 68
obtained by continuous sweep vesus that measured at selected discrete
frequencies. The sweep parameters are defined in Materials and Methods. The
discrete frequency tests were performed at 3, 10, 30 and 100 Hz, using 10-cycle
measurements at each frequency.
S2-4 The magnitude (a) and phase (b) of the ratio between z-displacement and z- 69
8
voltage is plotted. These data were obtained using a mica surface and were used
to correct systematic errors in the dynamic indentation of cartilage.
S2-5 The mean value and 95% confidence interval for the storage modulus, E' (a) and 70
loss modulus, E" (b), corresponding to the same measurements as that shown in
Figure 2 of the main text, are plotted as a function of frequency for n = 10
independent indentations on one typical disk.
S2-6 The magnitude (a) and phase (b) of the dynamic stiffness is compared for the 71
rough and frictionless contact between the indenter and cartilage.
S2-7 The histology of the superficial zone shows the sparse distribution of the cells in 72
the matrix.
3-1 (a) The loading frequency content (time scale) within knee tissues resulting from 97
common physical activities covers a frequency range of 1-1000 Hz (0.001-1s):
walking (1), kicking-soccer (2), running (3), jumping (4), and traumatic impact
(5, 6). (b,e) Histologic image of a normal and GAG-depleted bovine cartilage
stained with Toluidine Blue to visualize location and content of GAGs (Scale
bars, 100 pm); (c,f) Schematics of the molecular structure of a normal and GAG-
depleted cartilage composed mainly of collagen fibers and aggrecan; (d,g)
Schematic of AFM-based dynamic excitation of normal and GAG-depleted
cartilage, which results in intra-tissue fluid flow velocity as indicated by the
arrows (from FEM simulations).
3-2 (a) The commercial AFM (MFP-3D, Asylum Research) is coupled with a high- 98
frequency system to extend the frequency range of dynamic measurement from 1
- 300 Hz in commercial AFMs to 1 Hz - 10 kHz. (b) The dynamic
nanoindentation loading profile is composed of a ramp-and-hold (displacement of
-2 pm, applied by the primary piezo of the commercial AFM) and an oscillatory
frequency sweep (sinusoidal displacement amplitude of -10 nm, applied by the
secondary piezo in the newly developed high-frequency system). (c) The
displacement in the oscillatory loading part is -2 nm.
3-3 The mean value and 95% confidence intervals for the magnitude (a) and phase 99
angle (b) of the dynamic nanoindentation modulus, IE*l, versus frequency for n =
4 cartilage disks harvested from the femoropatellar groove of one bovine calf
knee joint having normal (solid blue) and GAG-depleted (dotted red)
extracellular matrix. The experimental data corresponding to each disk reflects
the average of at least m = 4 independent indentations at different sites. The FEM
simulation results (dashed lines) based on a fibril-reinforced model (31) give
overall estimates for normal middle zone cartilage (EL= 0.2 MPa, Ef = 5 MPa, k
= 5.4 x 10 5M N s- ) and GAG-depleted cartilage (EL = 0.15 MPa, Ef = 4 MPa,
k = 1.3 x 10 -" m4Nls-1) using a value for Poisson's ratio of u = 0.1 which was
measured experimentally for this same aged bovine calf cartilage (40). The
storage modulus E' (c) and loss modulus E" (d) are shown for both normal and
GAG-depleted cartilage. The 95% confidence intervals are computed based on n
9
= 4 disks harvested from one typical joint (animal).
3-4 The hydraulic permeability k of (a) middle zone (b) and superficial zone 101
cartilage, and the equilibrium modulus (low-frequency modulus EL) of (c) middle
zone and (d) superficial zone cartilage. All data are presented as mean ± SE for N
= 4 animals, based on a mean of n = 4 plugs from each animal. *: p < 0.05, using
the nonparametric Wilcoxon signed rank test. The hydraulic permeability and
equilibrium modulus of specimens from each animal are shown in Supporting
Figure S4.
3-5 The characteristic length-scale dependence of the dynamic modulus was further 102
studied by examining the relationship between the peak frequency of the phase
angle, fpea, and the contact distance, d, between the AFM probe tip and cartilage.
Using a pair of normal and GAG-depleted disks from adjacent regions of middle
zone cartilage from one animal, the contact distance was changed by increasing
the static offset indentation depth 6o and the peak frequency was measured at five
different depths 8o at each test location for each specimen. The indentation depths
6o varied from 0.9 to 2.8 ptm for normal cartilage and from 1.3 to 2.8 [Im for
GAG-depleted cartilage. The contact distance d is calculated from So via d = 2R
cos-I ( (R- S0 )IR), where R = 12.5 pm is the radius of the probe.. Linear regression
was performed to obtain the best fit, as shown (the lowest value of the goodness
of fit, R2, was 0.9 for all the locations). This process was repeated at four
different locations on the normal and the GAG-depleted cartilage disks. The
average slope of the lines, which is roportional to ELk (text Eq. (3-2)), is
measured as tana = (1.65 ± 0.3) x10 PHz-m 2 and tanp = (7.12 ± 2.1) x103
Hz-Rm 2, (mean ± SD, n = 4) for GAG-depleted and intact cartilage, respectively.
3-6 Finite element simulation of the pore pressure at frequency of f = 55 Hz in 103
normal (EL= 0-1 MPa, Ef = 5 MPa, k = 5.4 x 10 -1 m4N's , o = 0.1 and GAG-
depleted cartilage (EL = 0.08 MPa, Ef = 4 MPa, k = 1.3 x 10 13 m4N~ s, _ = 0.1)
confirms the effect of GAG-depletion on fluid pressurization in dynamic loading,
which consequently alters the nanoscale dynamic functions of cartilage such as
self-stiffening and energy dissipation. The pressure profile shown for each
condition is the maximum amplitude of the pore pressure versus depth at the
frequency of f = 55 Hz, the frequency at which the phase angle 4 measured for
the normal cartilage peaks.
S3-1 The magnitude (a) and phase (b) of the ratio between z-displacement and z- 107
voltage is plotted for the intrinsic behavior of a commercial AFM (Veeco,
Picoforce, Nanoscope 4) in red. The response of the high-frequency system
added to MFP-3D AFM is shown in black. These data were obtained by
indenting on a mica surface using a spherical tip (end radius R ~ 12.5 gm) and
cantilever with nominal spring constant k - 30.0 N/m.
S3-2 (a-d) Histological images of GAG content in normal and GAG-depleted middle 108
zone and superficial zone disks (Scale bars, 100 Vm). (e) GAG content was
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quantified via the dimethylmethylene blue dye-binding assay (mean ± SE). *: p <
0.05, using the Mann-Whitney test. For middle zone, N = 4 disks (0.7-mm thick),
and for superficial zone N= 7 disks (0.2-mm thick) were used for each condition.
S3-3 A typical Force-Indentation Depth curve from a middle zone normal cartilage 109
using an AFM colloidal tip with end radius R = 12.5 pm is shown in black solid
line. The best fitted indentation curve predicted by Hertz model is shown in red
dashed line. The indentation modulus estimated by the Hertz model is Eind = 0.17
MPa, where the Poission's ratio is assumed to be i) = 0.1. The close agreement
between the Hertz model and the experimental indentation curve justifies the use
of Hertz model to account for the spherical probe tip geometry.
S3-4 The hydraulic permeability k for middle zone (a) and superficial zone (b) 110
cartilage and the equilibrium modulus (low-frequency modulus EL) for middle
zone (c) and superficial zone (d) cartilage were quantified for N = 4 animals.
Data are presented as mean ± SE, based on n = 4 disks from each animal, where
the data corresponding to each disk reflects the average of at least m = 4
independent indentations at different sites. *: p < 0.05, using the nonparametric
Wilcoxon signed rank test.
S3-5 The phase + of the dynamic modulus for both normal and GAG-depleted 111
cartilage obtained by AFM-based dynamic indentation is compared with the
phase angle from macroscopic unconfined compression tests using 3mm diameter
by 1mm thick cartilage disks (5). The length scales involved in the AFM-based
dynamic indentation are: probe radius R = 12.5 pm, 6o = 2 pm, and probe tip-
cartilage contact distance d = 14 pm. The relevant length scale for the unconfined
compression is the diameter of the sample, d = 3 mm. As we observed a shift in #
in AFM-based indentation after GAG-depletion, a similar shift in the phase # is
expected at physiological macro-scales. However, due to experimental limitations
in measurements at low-frequency, this macro-scale hypothesis has yet to be
reported for sinusoidal testing.
4-1 Experimental and moldeing setup (a) Aggrecan monolayer is end-grafted on 133
gold-coated substrate and indented by a gold-coated AFM colloid (b) Loading
profile is composed of an initial indentation at a specified force, followed by
random binary sequence in displacement with step size of 2-nm covering the
frequency range of 1Hz to 10kHz. (d) The mechanical function of aggrecan in
quasi-static loading is controlled by the electrostatic and steric interaction
between GAG side chains. (e) In dynamic loading, solid-fluid interaction
determines the mechanical functions of aggrecan by pressurization and viscous
drag effects. (f) The pressurization due to mechanical loading is simulated by
FEM for the aggrecan monolayer.
4-2 Simulation based on anisotropic poroelastic model, and length scale analysis 134
confirms that solid-fluid interactions are the dominant mechanism in the dynamic
nanomechanics of aggrecan monolayer (a, b) The magnitude and phase of the
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dynamic effective modulus of newborn human aggrecan is measured at different
ionic strength of 0.001, 0.01, 0.1 and 1 M in PBS (solid lines). The mean (solid
line) and 95% confidence interval (shaded area) are based on n = 6 different
locations on the substrate. The simulation by the transversely isotropic finite
element model (dashed lines) shows a close match with the experimental data. (c)
The length-scale analysis at different ionic strength confirms our hypothesis that
the governing mechanism in the dynamic mechanical function of aggrecan
monolayer is poroelasticity. The dynamic modulus of aggrecan monolayer shifts
toward higher frequencies when smaller AFM probe is used. The phase data of
the dynamic modulus is shown for two AFM probe with different diameters of D
= 45 pm and D = 5 pm, with different contact distance of d45-pm and ds-m. (d)
The peak frequencyfpek for the 45-pm probe (shown in square) shifts to higher
frequencies for the 5-pm probe (shown in circles), which is consistent the
prediction of linear poroelasticity theory,fpea ~ 1Id (shown by solid line).
4-3 The consistency of the molecular level and matrix level hydraulic permeability. 136
The Effective Modulus (a) and Phase (b) are compared between three different
systesm: (i) Normal cartilage composed of aggrecan and other constituents, (ii)
GAG-deplted cartilage (Early Osteoarthritic), where the aggrecan is
enzimatically digested and (iii) the aggrecan monolayer alone.
4-4 Decoupling the electrostatic and steric interaction between GAG-chains. (a,b) 137
The variation in magnitude and phase of the dynamic modulus is shown by
changing the applied strain at the ionic strength of 0.1 M. (c) The aggrecan
monolayer is covalently bonded to the substrate and is the lower end is
constrained in lateral direction. Therefore, two stiffness values are assigned to the
monolayer: Et, the lateral stiffness, and Ea, the axial stiffness, where Et > Ea.
(d,e,f) The hydraulic permeability k, axial stiffness Ea and lateral stiffness Et of
the newborn human aggrecan is estimated using the transversely isotropic FE
model at ionic strength of 0.001, 0.01, 0.1 and IM under strain values in the
range of 0.2 to 0.7.
4-5 The modulus of aggrecan monolayer is measured in displacement-control 139
loading, representative of ECM response. (a) The height of aggrecan monolayer
at 0.1 and 0.01 M is shown for both the displacement-control, and load-control
measurements. (b) The aggrecan height is measure via micro-contact printing,
followed by AFM imaging at different ionic strengths and initial load on the
AFM tip. (c) The modulus of aggrecan monolayer measured at displacement
control is higher at lower ionic strength (0.01 M), which is consistent with
macroscale experiments on ECM. The displacement control is representative of
what ECM feels when aggrecan goes under conformational changes via changes
in ionic strength.
4-6 Poroelastic properties of aggrecan estimated across species and ages. (a) 140
Important structural dimensions of aggrecan varies across age and species (ref:
HY Lee, L Han et al) (b) The hydraulic permeability k for adult human, newborn
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human and fetal bovine aggrecan is in the same range for different ionic
strengths. (c) The axial stiffness Ea adult human aggrecan is stiffer than that of
newborn human and fetal bovine. Ea is not significantly different between
newborn human and fetal bovine (d) The adult human aggrecan exhibits higher
lateral stiffness E, than the newborn human and fetal bovine at most of the ionic
strength.
S4-1 Height of newborn human aggrecan monolayer is measured via AFM in contact 141
mode, as a function of the applied force. The measurement is performed in ionic
strengths of 0.001 to 1.0 M NaCL.
5-1 (a) Cartilage samples are harvested from Collins grade-i human femoral 157
condyles (b) The loading profile is composed of an initial indentation of 2-4 um
depth, followed by random binary sequence (RBS) with displacement amplitude
of 5 nm. Exciting the sample with RBS results in broad band quantification of the
dynamic nanomechanics of the sample (1Hz <f < 10 kHz), with high signal-to-
noise ratio. (c) AFM-based dynamic indentation is performed in the transverse
direction, with 11 indentation sites covering superficial, middle and deep zones.
(d) Same measurements are performed in the axial direction on three different
disks cut from the same full-length plug. The indentation on the first disk is
performed on the intact superficial zone, and the second and third disks represent
middle and deep zones, respectively.
5-2 Duality between the time-domain (stress-relaxation) and frequency-domain 158
(dynamic modulus) nanomechanics of cartilage. The time domain
nanomechanics of the sample is shown with an applied (a) step function in
displacement, and a measured (b) force-relaxation curve. The displacement step
size is -10 nm, and the maximum measured force is -20 nN. The ratio of the
Fourier Transform of the measured force to the applied displacement results in
the complex dynamic modulus in frequency domain, reported here as magnitude
IE*I (c) and phase angle 0 (d). The duality between the time-domain stress
relaxation and the frequency-domain dynamic modulus holds in this study where
the system remains linear and the contact geometry is unchanged because of the
nanoscale deformation of the sample.
5-3 The magnitude (a) and phase angle (b) of the dynamic modulus is plotted for 159
superficial, middle and deep zones of a typical plug in axial loading. Solid line
represents the mean and the shade represents the 95% confidence interval (m =
4). The low frequency modulus EL, the modulus Ep at peak frequency, the peak
angle 0 p and peak frequencyfp undergo variation by moving the indentation sites
from superficial middle and deep zones.
5-4 (a) Equilibrium modulus and (b) hydraulic permeability are shown for axial and 160
transverse loading directions (mean ± SE, n = 3 human knees, based on a mean
of m = 4 plugs from each knee).
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5-5 (a) Ratio of fibrillar to non-fibrillar matrix modulus Ef/Em and (b) the peak phase 161
angle O, are shown for both axial and transverse loading as a function of depth.
(mean + SE, n = 3 human knees, based on a mean of m = 4 plugs from each
knee).
Al (a) Schematics of chondrocyte attached to the substrates coated by poly-lysine 169
and (b) confined in inverted pyramidal wells. The AFM dynamic indentation was
applied by new high-frequency system (c) with the loading profile given in (d).
A2 The mean value and 95% confidence intervals for dynamic mechanical properties 170
of isolated chondrocyte cells (black) and hydrodynamic effect (red) over a wide
spectrum of oscillatory frequencies: (a) Deflection (V) vs. frequency showing
data related to cell stiffness, (b) <D(f) (intracellular fluid dissipation vs.
frequency). (n = 8 different cells)
A3 Hydrodynamic effect data: (a) Deflection vs. frequency during an oscillatory test 171
above silicon substrate using a tipless cantilever (key distances: 0.5 pm - red,
intermediate distances - blue and black, 128pm - green), (b) Deflection vs.
frequency during oscillatory test above silicon substrate using spherical tip
(R=25pm)(key distances: 0.5pm - red, intermediate distances - blue and black,
128pm - green), (c) Normalized deflection vs. distance from substrate using
deflection values at 1kHz from oscillatory tests using tipless or spherical probe
tip.
BI (a) The mechanical and electromechanical properties of cartilage measured using 182
AFM in indentation mode, equipped with appropriate microelectrodes to apply
current or to measure electricdal potential. (b) Pore pressure distribution
simulated by FEM (19).
B2 The boundary conditions for radial displacement Ur, axial displacement uz, pore 183
pressure P and the electric potential V are described for the unconfined
compression system. This boundary value problem is chosen to compared and
validate the results obtained by finite difference approach and analytical method.
B3 Convergence test of the finite difference method to solve the boundary value 184
problem described in Fig. B2. The electric potential is plotted as a function of
height (x-axis) and evolved by increasing the number of iteration. The final
number of iteration is n = 10'000, resulting to the flat uppermost curve.
B4 The pressure, P, radial displacement Ur, axial displacement uz, and electric 185
potential V, is plotted for the boundary value problem described in Fig. B2. The
number of iteration is n = 10000.
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B5 The numerical solution (finite difference method, blue) is validated by comparing 186
the results, in this figure the magnitude and phase of the streaming potential, to
the analytical solution (14) (in black).
Cl (a) The schematic of the magnetic field induced by confined compression of 194
cartilage. (b) The confined compression of cartilage is closed loop by connecting
the top electrode in the solution to the bottom electrode in touch with the
cartilage. The current induced by compression of cartilage flows through the wire
connecting the electrodes.
C2 The confined compression setup made out of non-magnetic materials is placed 195
inside the MEG (Magnetoencephalograpy) helmet. The compression is applied
manually by adjusting the screw shown. The spacer rod is placed to keep enough
space between the MEG helmet and the operator hand to avoid contaminating the
measured signal with the magnetic field of the operator's muscle.
C3 The magnetic gradient field is shown for five channels, one close to the confined 196
compression chamber (Channel 3) and the rest at a farther distance. Channel 3
shows the relaxation signal at two different loading rate: fast loading rate with 10
repeats during the first I Os, and slow loading rates with 10 repeats during the
following 40s.
C4 Channel 3, the channel close to the confined compression chamber shows clearly 197
the peak in the magnetic field caused by compressing (the positive peak) and
decompressing (the negative peak) cartilage.
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Chapter 1
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1-1 Background
Extracellular matrix
Cartilage, an avascular, anural and alymphatic tissue, is composed of 70-80% water, and the rest,
which is the solid Extracellular Matrix (ECM), is composed of mainly aggrecan and collagen
type II network (1). Cartilage contains 20-40 thousands cells, called chondrocyte, which
composes only 3-5% of the cartilage (by volume). Chondrocyte produce and maintain ECM.
Collagen and aggrecan are the two main molecules responsible for the various mechanical
functions of cartilage such as load-bearing (2), energy dissipation and self-stiffening (i.e.,
increase in the dynamic stiffness of cartilage with increasing compression frequency) (3, 4),
solute and fluid transport (5), lubrication (6, 7) and mechanotransduction (8). Poroelasticity
and intrinsic viscoelasticity (9) of the ECM macromolecules are the two main mechanisms of
energy dissipation and time-dependent behavior in cartilage. Poroelastic energy dissipation
originates from fluid-solid frictional interactions due to fluid pressurization and viscous drag
through the porous ECM (10, 11). Intrinsic viscoelastic dissipation is related to the relaxation
and reconfiguration of ECM macromolecules including the collagen fibrillar network, negatively
charged aggrecan aggregates and associated matrix molecules (12-20).
Aggrecan
Aggrecan, the most abundant proteoglycan in cartilage, makes up 5-10% of the wet weight, and
35% of the dry weight of the cartilage extracellular matrix (1). Aggrecan is composed of a core
protein with a few hundred-nanometer long, and several glucosaminoglycan (GAG) chains
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covalently attached to the core protein (Fig. 1-1). The core protein contains three globular
domains of GI, G2, and G3. The globular domain Gi uses a link protein to attach to hyaluronan
acid (HA), another glycosaminoglycan. GAG chains in cartilage are mostly chondroitin sulfate
and some keratin sulfate (21). GAGs are highly negatively charged, the electrostatic and steric
interactions between them contribute in the stiffness and hydraulic permeation of ECM.
Chondrocyte
Chondrocyte is the only cell type in cartilage and is responsible for the synthesis, degradation
and incorporation of matrix molecular components (22). Chondrocyte receives nutrients through
diffusion and convection mechanisms from synovial fluids since cartilage lacks any blood and
lymphatic vessels. Chondrocytes composes only 3-5% of the cartilage in volume.
Osteoarthritis-like Matrix Degradation
Osteoarthritis (OA), affecting 27 million Americans, is the most common form of arthritis. OA is
characterized by irreversible and chronic degradation of articular cartilage, and is commonly
associated with aging and leads to disability in elderly. The other common risk factors include
joint injury, genetics and obesity. The common joints that OC occurs include articulating joints
such as knee, hip and spine. OA is a whole-joint disease, including cartilage, underlying bone,
meniscus, and the synovial tissues, where cartilage is the most affected tissue.
One of the earliest events in the pathogenesis of OA is the loss of aggrecan from cartilage matrix.
It has been illustrated that that aggrecan depletion occurred prior to collagen loss, by using
cytokine induced cartilage. This result implies that aggrecan may play a protective role in
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preventing collagen degradation (23, 24). As demonstrated by Yang Li, et al, in an in vitro injury
model, the collagen loss starts after the GAG loss reaches to 80% (Fig. 1-2). The GAG-depleted
cartilage, known as the early osteoarthritic cartilage, loses its mechanical properties significantly,
making the remaining matrix prone to more damage.
The present day diagnosis of OA includes X-ray joint spacing measurement, MRI (25),
biomarkers (26), arthroscopic microscopy (27). However, the limitation of the these approaches
make the early diagnosis of OA a challenge. For example studies have shown that the cartilage
loss is high before joint space narrowing can show any symptom of OA (28).
In this thesis, we are interested to determine the molecular contribution of GAG chains in the
nanomechanics of cartilage, and the consequence of GAG depletion to these mechanical
properties.
1-2 Objective
Cartilage, functions mechanically across a wide spectrum of daily loading frequencies (time
scales), from <1 Hz in slow activities such as walking, to 1000 Hz for high-rate activities such as
jumping and impact sports. A major mechanism underlying the macroscale mechanical functions
of cartilage is known to be poroelasticity, based on previous theoretical and experimental studies.
Poroelasticity manifests itself via fluid-solid frictional dissipation and intra-tissue fluid
pressurization that underlie important mechanical functions of cartilage, especially frequency-
dependent self-stiffening, load-bearing, energy dissipation, solute and fluid transport,
lubrication and mechanotransduction. The objective of this thesis is to determine how the
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molecular structure of cartilage provides optimal tissue-level function over the wide spectrum of
daily joint motions, and what the molecular mechanisms underlying this optimal function are.
1-3 Overview
In Chapter 2, a methodology is developed based on AFM-based oscillatory loading, and finite
element modeling to quantify the intrinsic poroelasticity of cartilage at the nanoscale.
In Chapter 3, a new AFM-based wide-frequency rheology system was developed to extend the
typical frequency range of commercial AFMs (i.e., 0.1 - 300 Hz) to the much wider frequency
range of 0.1 Hz to 10 kHz. The wide-frequency nanorheology system is applied on normal and
GAG-depleted cartilage to investigate the role of degradation on poroelastic properties of
cartilage at a wide range of frequencies.
In Chapter 4, the molecular poroelasticity of aggrecan is studied. By isolating aggrecan, we
directly studied the fluid-solid interactions in molecular level, and compared the results to the
matrix level nanomechanics studied in previous chapters.
Chapter 5 is devoted on the depth-dependence and anisotropy of the poroelastic properties of
cartilage at the nanoscale. The methodology developed in chapter 2 and 3 is applied on human
cartilage to probe the poroelasticity of ECM at different depths and loading direction.
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1-5 Figures
Figure 1-1. Aggrecan molecule from bovine fetal epiphyseal cartilage, imaged by tapping-mode
Atomic Force Microscopy (AFM). Courtesy of Laurel Ng (29).
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Figure 1-2. Matrix degradation of cartilage shown as GAG loss, followed by collagen loss in an
in vitro cartilage injury. Courtesy of Yang Li (24)
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Chapter 2
Poroelasticity of Cartilage at the Nanoscale *
* This chapter is published as:
Nia, H. T., L. Han, Y. Li, C. Ortiz, and A. Grodzinsky. 2011. Poroelasticity of Cartilage at the
Nanoscale. Biophysical Journal 101:2304-2313.
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2-1 Introduction
Poroelasticity of cartilage, including fluid pressurization and the viscous drag of the flow through
the porous extracellular matrix (ECM), plays an important role in load-bearing (1), energy
dissipation and self-stiffening (i.e., increase in the dynamic stiffness of cartilage with increasing
compression frequency) (2, 3), solute and fluid transport (4), lubrication (5, 6) and
mechanotransduction (7). Poroelasticity and intrinsic viscoelasticity (8) of the ECM
macromolecules are the two main mechanisms of energy dissipation and time-dependent
behavior in cartilage. Poroelastic energy dissipation originates from fluid-solid frictional
interactions due to fluid pressurization and viscous drag through the porous ECM (9, 10).
Intrinsic viscoelastic dissipation is related to the relaxation and reconfiguration of ECM
macromolecules including the collagen fibrillar network, negatively charged aggrecan aggregates
and associated matrix molecules (8, 11-13). Instrumented and atomic force microscope (AFM)-
based indentation studies of intact cartilage tissue and the chondrocyte cell-associated matrix
have begun to elucidate the relation between matrix molecular structure and mechanical behavior
(14-22). These studies have primarily focused on the elasticity of the tissue as quantified using
single-phase elastic contact models such as the Hertzian (23) and Oliver-Pharr approaches (24).
Consequently, while the poro-viscoelastic behavior of cartilage has been extensively studied at
the micro (25, 26) and macroscale (8, 27), time-dependent behavior and energy dissipation
mechanisms of the cartilage ECM at the nanoscale are not well understood (21, 22).
Cartilage tissue-level biomechanical properties are determined by the tissue's fibrillar collagen
network and the negatively charged glycosaminoglycan (GAG) side chains of aggrecan. In order
to obtain insights into the nanoscale contribution of such macromolecules to the time-dependent
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mechanical behavior of the ECM, AFM-based force relaxation and dynamic oscillatory
indentation were recently performed on young bovine cartilage (22) and tissue engineered cell-
associated matrix (21). Using displacement amplitudes of - 2 - 50 nm in conjunction with
scaling arguments, it was suggested that poroelasticity is the dominant mechanism under these
loading conditions (21, 22). In our previous work (22), a Hertzian model was employed to
describe the time-dependent nanomechanics of native (untreated) and proteoglycan-depleted
cartilage disks and to quantify such properties as the indentation modulus, the force-relaxation
time constant, and magnitude and phase of the complex dynamic modulus. IE* was observed to
increase with frequency from 0.22 ± 0.02 MPa at 1 Hz to 0.77 ± 0.10 MPa at 316 Hz
accompanied by an increase in phase angle 5. The quantification of the nanoscale dynamic
mechanical properties of cartilage opens up great opportunities for early diagnosis of tissue
alteration and disease (16) and for investigating the role of other important proteins in ECM by
comparing data from wild-type and knock-out mice models (28), which are challenging to
quantify by traditional methods due to its small size and irregular shape.
In the present study, we expanded significantly upon our prior work by using AFM-based
dynamic oscillatory indentation in conjunction with a judicious choice of the AFM-probe radius
(R - 12.5 pm) to obtain a full-spectrum experimental frequency response, i.e., from the low
frequency (equilibrium) compressive limit up to the high frequency (instantaneous stiffness)
limit, which would include the mid-frequency range in which energy dissipation should peak.
Secondly, we employed the observed length-scale dependence of dynamic response of cartilage
to test the hypothesis that poroelasticity is the dominant mechanism governing the
time/frequency-dependent behavior of cartilage at the nanoscale. Lastly, two different widely
31
used poroelastic models, isotropic (10) and fibril-reinforced (29), were employed to predict the
observed frequency-dependent nanomechanical behavior of cartilage. This fibril-reinforced
composite model was constructed to simulate the structure and properties of the cartilage ECM
components, i.e., collagen and aggrecan (25, 30). By accounting for the fibrillar collagen
network, parametric study has been carried out on the important material parameters that
determine the poroelastic energy dissipation at the nanometer-level deformation amplitudes,
including the elastic modulus, E, and hydraulic permeability, k, of the nonfibrillar matrix
(mainly aggrecan), and the elastic modulus, Ef, of the fibrils. These parameters have been
quantified for the superficial zone of young bovine cartilage. Quantifying the nanoscale
poroelastic properties of tissue such as the elastic moduli of fibrillar and nonfibrillar matrix and
the hydraulic permeability will serve to relate alteration in the tissue's mechanical properties to
its molecular structure in different contexts such as the initiation and progression of osteoarthritis
(16), the contribution of other important proteins in ECM in addition to well-studied
macromolecules such as collagen and aggrecan (28) and the development of tissue-engineered
matrices (21).
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2-2 Materials and Methods
Sample preparation
Cartilage disks with an intact superficial zone (9 mm diameter x 1 mm thick) were harvested
from the femoropatellar grooves of 1 - 2-week old bovine calves (Fig. 2-la) as described
previously (31) and maintained in sterile phosphate buffered saline (PBS, without Mg 2 + and
Ca2+) with protease inhibitors (Complete Protease cocktail tablets, Roche Applied Science,
Indianapolis, IN) at 4* C for less than 24 hours before testing. All the measurements were
performed in near-physiological Phosphate Buffered Saline (PBS, 137 mM NaCI, 10 mM
Phosphate, 2.7 mM KCI, and a pH of 7.4) at ambient temperature (250 C)
Atomic Force Microscope (AFM) -based dynamic oscillatory nanoindentation
Experiments were performed using cartilage disks harvested from three joints (from three
separate animals). Four disks were harvested from each joint, and indentations at four different
locations were performed on each disk. Dynamic oscillatory indentation tests were performed
using the MultiMode AFM with a PicoForce piezo and Nanoscope IV controller via the force
mode (Veeco, Santa Barbra, CA) (Fig. 2-1b). Gold-coated polystyrene colloidal probe tips (end
radius, R ~ 12.5 pm, nominal spring constant k - 4.0 N/m, Novascan, Ames, IA) were
functionalized with a neutral hydroxyl-terminated self-assembled monolayer (OH-SAM, 11-
mecaptoudecanol, Sigma-Aldrich, St. Louis, MO). The cantilever deflection sensitivity (nm/V)
was calibrated on a hard mica surface, where the cantilever deflection equals the z-piezo
displacement in the contact region. The thermal oscillation method was applied to determine the
cantilever spring constant for each probe tip (32). The applied piezo displacement profile for
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each indentation test was composed of an initial -3 ptm indentation and subsequent force
relaxation, followed by sinusoidal displacements applied over a frequency rangef = 0.2-130 Hz.
A function generator (Berkeley Nucleonics Corporation Model 645) connected to the PicoForce
piezo controller was used to apply the sinusoidal displacements via the sweep mode in the form
of an exponential down-chirp signal (high-to-low-frequency, shown schematically in Fig. 2-1c)
for a duration of 100 s for each frequency sweep. The amplitude of the sinusoidal displacements,
S = 15 nm, was chosen to be much less than the initial offset indentation 3o ~ 3 pm (1 << 0).
Control experiments were first performed using a mica sample at the same z-piezo displacement
frequencies and amplitudes for system calibration (22). At low frequencies (below 10 Hz), the
amplitude and phase of the z-piezo deformation to voltage ratio is constant as a function of
frequency and no correction is needed. At higher frequencies (above 10 Hz), correction for the
magnitude and phase of the stiffness has been performed based on the ratio between z-
displacement and z-voltage shown in Supplementary Fig. S2-4, which is the continuous version
of the discrete analysis described in our previous study (22). The probe displacement was
obtained by subtracting the deflection from the z-piezo signal. The corresponding force exerted
on the probe was calculated as the product of deflection signal and the cantilever spring constant.
In a separate test, the frequency sweep method was compared independently to results obtained
by application of discrete frequencies, using 10 cycles at each frequency over the entire range of
interest. The close agreement between the results of the frequency sweep and discrete frequency
loading confirmed the appropriateness of the sweep method, which was then used for all of the
experiments presented here.
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Four disks were harvested from each joint (one disk each from anterior and posterior aspects of
the medial and lateral surfaces of the femoropatellar groove), and oscillatory indentations were
performed at four different locations on each disk. The dynamic stiffness (magnitude and phase)
was measured for these 4 tests per disk, and a mean of the corresponding material property
values (Em, Ef, and k) was assigned to each disk. The mean ± SE of the material properties of
each joint were then calculated from these 4 disks (i.e., n = 4). The averaged material property
values over all three joints were then computed (i.e., mean SE, n = 3).
Data analysis and calculation of magnitude and phase of the complex modulus
A discrete Fourier transform (DFT) was used to obtain the fundamental frequency components
of the z-piezo and deflection signals, from which the amplitude of the oscillatory force of the
probe, Fos,, and the oscillatory displacement of the probe, S, (Fig. 2-1c) were calculated at each
frequency, f. The sampling rate of the DFT was f, = 4,000 Hz (i.e., at least 10 times greater than
the highest loading frequency used). The magnitude of the dynamic complex indentation
modulus at each frequency was then obtained as (33):
1 E(f) [ F0 m (f) 1 (2-1)9(f ) 2(RS5)0
where: R is the probe radius. FoSc/S was normalized as above based on a Taylor series expansion
of Hertz model to account for the spherical probe tip geometry (33). The phase angle $(f) was
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then calculated as the phase between the fundamental sinusoidal components of Fos and 1
(shown schematically in Fig. Ic). Tan# is then related to the energy dissipation (34). After
obtaining the dynamic modulus as a complex number in frequency domain, the amplitude and
phase were each smoothed using a moving average. This procedure was carried out on the
logarithmically spaced signals via an algorithm defined such that the start and end frequencies fs
and fe, respectively, of the window for the moving averaging are related by log(fe) - log(f) =
0.05); i.e., the window size was 5% of a logarithmic decade. All the data processing was
performed using MATLAB (The MathWorks, Natick, MA).
Poroelastic finite element modeling
Isotropic poroelastic model
The isotropic model was implemented using the soil mechanics capacity of the general purpose
commercial finite element software ABAQUS (Version 6.9, SIMULIA, Providence, RI) for the
configuration shown in Fig ld. Because of the symmetry of the problem, the specimen was
modeled using axisymmetric, poroelastic elements (CAX4P). The probe tip indenter was
modeled as a rigid surface since the spherical tip is much stiffer than cartilage. The probe tip was
assigned a displacement history as described above (see Fig. 2-1c), and a zero-displacement
boundary condition was assumed at the lower cartilage-substrate interface. The indenter and the
substrate surface were assumed to be impermeable to fluid flow. Since tip friction was predicted
to have negligible effects on the nanoindentation load-displacement curves using the developed
FE model (See Fig. S2-6 and reference (25)), the indenter-cartilage contact region was assumed
to be frictionless. The reduced friction and surface adhesion that resulted from functionalizing
the tip with OH-SAM further supported this modeling assumption. The pore pressure was set to
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zero at the top surface of the cartilage (excluding the indenter contact surface) and the side
surfaces of the cartilage to simulate free draining of the interstitial fluid from the cartilage at
those surfaces. The height h and radius I of the sample were set to be much larger than the
indenter contact distance d (I = h =100on >> d /2 - 8pm; see Fig. 2-1 b and d) to simulate an
infinite domain on the radius and depth of the cartilage disk sample. The relevant mechanical
properties in this isotropic model are Young's modulus, E, the hydraulic permeability, k, and
Poisson's ratio, v.
Fibril-reinforced poroelastic model
A fibril-reinforced poroelastic model (30) was also tested in which cartilage is approximated as a
composite composed of an isotropic nonfibrillar matrix (representing the proteoglycan
constituents; same element as used in the isotropic model), a fibril network (representing
collagen fibrils) and a fluid phase (representing the water/electrolyte solution). The mechanical
properties of the nonfibrillar matrix are assumed to be the Young's modulus Em, Poisson's ratio
v and the hydraulic permeability k. The fibril network is represented by the effective Young's
modulus Ef, which is assumed to be independent of strain. In fibril-reinforced model, as a first
approximation, it is assumed that the fibers resist only tension, and the compressive modulus for
the fibers is set to zero (29). In this model the fibrils are aligned in horizontal and vertical
directions. The fibrils are uniformly spread in the cartilage with the same density. Since we do
not model the individual fibers, and instead we the Young's modulus, Ef, as the effective
modulus of the fibrillar network, the fibrils diameters is included in Ef, and is not specified
independently in the model. The deformation, fluid velocity and pore pressure fields caused by
the initial offset indentation depth (5o - 3 pm) and subsequent dynamic compression were
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largely confined to the top ~100-jim of superficial zone cartilage, i.e., a distance of about 8 probe
radii (see the discussion of Fig. 2-5, below). Therefore, the measured dynamic moduli largely
reflect the material properties of the superficial zone.
Calculation of poroelastic material properties
In the isotropic model (10, 27), Young's modulus, E, was determined directly from the low
frequency modulus, EL. The hydraulic permeability, k, was determined from the peak frequency
of the phase angle and Poisson's ratio, v, was varied from 0 to 0.45 to obtain the best fit.
In the fibril-reinforced model, the poroelastic properties, Em, Ef, and k, were obtained from the
best fit of model to the experimental data (smoothed magnitude IE*I and phase $ of the dynamic
modulus in frequency domain). First, the low-frequency asymptote of the model was fit to that of
the experimental data by varying Em (It will be shown below in the parametric study that varying
the other parameters Ef , k and the Poisson's ratio v did not affect the low-frequency asymptote).
Then, Em fixed, the high-frequency asymptote was found to depend only on Ef (see the
parametric study section in results). Therefore, Ef was obtained by fitting the high-frequency
asymptote of the model to that of the experimental data. Finally, the hydraulic permeability k
was obtained by matching the frequency of the peak of the theoretical phase angle to that of the
data, since varying the permeability only shifted the frequency dependence of IE*I and #.
Throughout this study, we used a value for Poisson's ratio of v = 0.1, the same value measured
previously for similar 1-2 week old bovine femoropatellar groove cartilage used in this study
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(35). Em, Ef, and k were calculated from the results of experiments performed on cartilage disks
harvested from three joints (from three separate animals).
2-3 Results
Dynamic nanoindentation response of cartilage
The magnitude and phase angle IE*I and # of the dynamic complex indentation modulus
measured versus frequency is shown in Fig. 2-2 for a typical cartilage disk. The solid black line
corresponds to the mean value of frequency sweeps at 10 different locations on one disk and the
dashed black lines are the 95% confidence intervals for these 10 locations. For the 12.5 tm
radius AFM probe tip used in this study, the peak in phase angle fpa was observed to occur
typically at the characteristic frequency fpa -20 Hz (Fig. 2-2b). At low frequencies f <<f,,
IE*I approached an asymptotic value defined as EL (Fig. 2-2a), which corresponds to the
equilibrium elastic mechanical response of the cartilage specimen in the absence of rate
processes. At high frequenciesf >>fpa, IE*I approached an asymptotic (frequency-independent)
value defined as EH. In subsequent experiments to estimate the constituent mechanical properties
of disks from all three animals (see Table 2-1 below, which will be discussed in more detail later
on) as detailed in the Methods, low and high frequency asymptotes of IE*I, as well as a peak in
the phase angle $, were clearly observed for each frequency sweep on each disk specimen,
qualitatively similar in appearance to that of Fig. 2-2.
The length scale dependence of dynamic nanomechanical properties suggests that
poroelasticity is the dominant dissipation mechanism at the nanoscale
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Taking advantage of the fact that the dissipation due to flow-dependent poroelasticity depends on
the characteristic length scale of the fluid flow, while the dissipation due to intrinsic
viscoelasticity is theoretically length scale independent, we investigate the contribution of
poroelasticity in the observed nanoscale frequency-dependent behavior of cartilage. Based on the
linear poroelasticity theory (9), the characteristic poroelastic diffusion time is 7p - [L/(Hk)],
where H is the longitudinal (confined compression) modulus, k the hydraulic permeability, L is
the characteristic length over which fluid flows and, therefore, L - d (see inset in Fig. 3c) based
on the contact distance between the indenter and sample corresponding to the probe tip geometry
and load magnitude of the nanoindentation experiment. The characteristic frequency, fpea,
governing the dynamic response is the inverse of -r, and is defined as (22, 27):
kH
fpcak O d (2-2)
where fpea is the peak frequency of the phase angle (e.g., Fig. 2b). We experimentally tested the
relation between fpeA and d in Eq. 2-2 by varying the initial offset indentation depth 80 in a
manner that would alter the contact distance, d. With & initially set to 1.4, 1.7, 2.1, 2.4 and
finally 2.8 pm at a given location, a dynamic indentation frequency sweep was applied at each
So, and IE*I and # were plotted as a function of frequency. An increase in S0 caused a shift in the
measured IE*I and # toward lower frequencies (e.g., the experiment of Fig. 2-3 a, b performed at
a single location on one disk). The peak in the phase angle was then plotted versus i/d2 (e.g., the
3 different locations on one disk shown in Fig. 2-3 c), where d was calculated from the contact
geometry as d = 2R cos[(R- 30)IR]. In order to check the linearity between fpea and i2, which
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is predicted by linear poroelasticity theory, a straight line was fit to the data of fpea vs. id2 at
each value of &0 at each indentation location, and the goodness-of-the-fit, R2 , was calculated.
This process was repeated on each of the four different locations on each of the four disks from
each of the three joints. For all the 48 locations excellent linearity was observed, as the minimum
value of R2 was 0.949. The difference in the slopes of the lines in Fig. 2-3c corresponds to spatial
variations in the mechanical properties (e.g., H and k) at each indentation location.
Fibril-reinforced poroelastic model better predicts the dynamic modulus than an isotropic
poroelastic model
Given the results of Fig. 2-3 that strongly suggest the dominance of poroelastic behavior
governing the nanomechanical response of cartilage, we then tested the ability of both an
isotropic and a fibril-reinforced poroelastic theoretical model to predict the measured dynamic
response. In the Isotropic model, varying the hydraulic permeability shifted the frequency
response to higher/lower frequencies but did not change the values of the maximum phase angle
or the high frequency asymptotic modulus EH. For the above parameter ranges, the maximum
phase angle predicted by isotopic model was #a = 8 degrees (dashed red line of Fig. 2-2b),
while the maximum phase angle measured experimentally was in the range 25-50 degrees. The
ratio of the magnitude of the high frequency to low frequency asymptotic moduli, EH/EL,
predicted by isotropic model was EH/EL < 2 (dashed red line, Fig. 2-2a), while the observed
EH/EL was in the range of 4-10. In contrast, the fibril-reinforced model better predicted the
frequency dependence of the IE* and # (dotted blue lines, Fig. 2-2). By increasing the ratio of
Ef/Em, the maximum value of phase angle as well as the ratio of EH/EL increased to values
closer to those measured experimentally (Fig. 2-2). Finally, we note that Eq. 2-2 for fpe, was
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also found to hold for both the fibril-reinforced and isotropic poroelastic models using finite
element simulations described above.
Parametric study of the fibril-reinforced poroelastic model
At very low frequencies, the contribution of fluid flow is negligible and the mechanical response
is governed by the purely elastic response of the material. Consequently, the low-frequency
modulus is equal to the Young's modulus of the non-fibrillar matrix, Em. This was verified in
simulations using values of Em from 0.01 to 0.05 MPa and observing that EL = Em in the low
frequency limit (Fig. 4a). With values of Ef,, v and k fixed, an increase in Em decreased the
maximum phase angle and shifted the peak frequency toward higher frequencies (Fig. 4b).
With Em, v and k held constant, an increase in Ef, should further reinforce the poroelastic matrix
by the tension-resisting fibril network, resulting in a higher high-frequency modulus, EH, while
leaving EL unaffected at value of the given Young's modulus of nonfibrilar-matrix, Em.
Simulations using the fibril reinforced model showed exactly this trend (Fig. 2-4c). The increase
in Er also resulted in a higher value offpea and a shift infpa to the higher frequency (Fig. 2-4d).
The variation of drained Poisson's ratio of the nonfibrillar matrix over the range of values
reported in the literature had only a small effect on the dynamic response (see Fig. S2-1 in the
Supplementary Material). Thus, we used a value of Poisson's ratio of v = 0.1 as described above
(35). Variation in the hydraulic permeability, k, resulted in a proportional frequency shift of the
dynamic response, leaving the low and high-frequency moduli and the maximum phase angle
unaffected, as expected.
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Poroelastic properties of superficial zone cartilage ECM constituents estimated from
dynamic nanoindentation
By fitting the predictions of the fibril-reinforced poroelastic model to the data from all three
animals, values for Em Ef and k (assuming v = 0.1) for superficial zone tissue were estimated
(Table 1). The low-frequency modulus EL directly determined the Young's modulus Em. Since
the ratio EH/EL is only a function of Ef/Em, Ef was readily calculated after Em was determined.
Having found Em and Ef, k was found from the observed value of fpe,, since the variation in k
only resulted in a frequency shift of the dynamic response, leaving the high and low frequency
moduli unaffected. For each joint, 4 disks are harvested (2 from medial and 2 from lateral part),
and 4 indentations at different locations are performed on each plug. The reported values (Table
1) for each joint is based on n = 4 disks, where the values for each disk are the average of the
corresponding values over 4 different locations on the disk. The reported value for all joints is
based on n = 3 joints, where the value for each joint is that obtained from the average of the 16
indentations.
Intratissue fluid velocity and fluid pressure profiles at low and high frequencies
Using the mean values of the poroelastic properties in Table 1 (Em = 0.076 MPa, Ef = 0.42 MPa,
k = 10.01x105 m4/N.s and v = 0.1), the spatial profiles of intratissue fluid velocity and pressure
in the region -75 pm below the probe tip were calculated using the fibril reinforced model for
selected times during a deformation cycle of the probe tip (Fig. 2-5). These computations were
performed for frequencies of f = 3 Hz and f = 70 Hz, corresponding to frequencies below and
above fpea. The magnitude of the velocity field is shown at times t = 0, T/4, T/2 and 3T/4, where
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T is the period of the corresponding frequency (Fig. 2-5a-d and a'-d'). For f << f , the fluid
velocity caused by probe tip motion is very small except for the very thin region immediately
below the probe tip. The velocity field at higher frequencies is larger in magnitude and the fluid
flows deeper into the tissue compared to that caused by low frequency oscillation. For high
frequencies, the flow extends downward to -50 [tm below the probe tip, i.e., about four times the
probe radius (R = 12.5 pm). Therefore, the material properties reported in Table 1 are the
effective properties of the superficial most -50 sim of tissue. For both high and low frequencies
of Fig. 5, the fluid velocity magnitude is highest at the interface between the tip and sample, and
attains its maximum value at the time when the tip starts a compression cycle. The corresponding
pore pressure field (Fig. 5e-h) and e'-h') attains a maximum value just below the tip at the
symmetry line. The pressure is zero at all the free surfaces of the sample where the fluid can
drain freely. Similar to fluid velocity, the pore pressure extends deeper into the tissue at higher
frequencies.
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2-4 Discussion
In this study, AFM-based oscillatory compression was used in conjunction with poroelastic finite
element modeling to measure and predict the frequency-dependent mechanical behavior of
superficial zone cartilage. The previously established methodology of Han et al. (22) was
expanded to enable measurement of the full poroelastic response over a 3-decade frequency
range: both low and high frequency asymptotes in the magnitude of the dynamic modulus were
clearly observed (corresponding to equilibrium and instantaneous responses, respectively), as
well as the peak in the phase lag (related to the peak in energy dissipation). Since the
nanoindentation frequency response of a hydrated tissue depends on tissue mechanical properties
and geometric considerations (e.g., tip radius R and offset indentation depth &0), the choice of R
in the present study was critically important in enabling the measurement of the full frequency
response. Previous attempts in achieving the peak phase lag was unsuccessful in macroscale (31)
and nanoscale (22) deformation due to limits associated with the characteristic length scales and
frequency range of the test machines.
The low frequency limit of the dynamic modulus is the equilibrium modulus, since deformations
are so slow that the fluid flow becomes negligible. At high frequencies, the fluid cannot move
quickly enough relative to the solid network and the response is equivalent to that of an
incompressible material with the same shear modulus as that at low frequencies (36). At
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frequencies in between these limits, the poroelastic response of the cartilage dominates and the
phase angle attains a peak value in the region of the inflection frequency of the dynamic modulus
IE*I (Fig. 2-2). Thus, the parameters EH, EL and fpA, form a complete set to compare the
predictions of the poroelastic finite element model to estimate the intrinsic material properties of
cartilage.
To test the hypothesis that poroelasticity was the dominant mechanism underlying the dynamic
nanoindentation response, we first compared the length-scale dependence of the measured fpa
and then compared the predictions of poroelastic theory to the measured indentation response
over the entire frequency range. The length scale dependence of fA was tested by varying the
contact distance d experimentally (Fig. 2-3), and linear poroelasticity theory was indeed able to
predict this scaling dependence (Eq. 2-2). Comparing isotropic and fibril-reinforced poroelastic
models, the fibril-reinforced model was found to better predict the magnitude and phase of the
dynamic modulus over the entire frequency range of interest. Due to complex architecture of the
collagen network, cartilage is highly anisotropic and has different properties in tension and
compression. At higher frequencies, the fluid pressurization generates dynamic radial expansion
of the matrix where the reinforcement of the matrix plays an important role in the dynamic
response. The fibril-reinforced model is one of the widely used models to describe this
biomechanical attribute of cartilage (29). In this model, the fibril network resists tension and,
superimposed with the isotropic non-fibrillar matrix, determines the mechanical stiffness of the
material. Comparing the isotropic poroelastic model (10) with the fibril-reinforced one (29) in
the indentation geometry of interest, we found that the fibril-reinforced model better predicts the
dynamic response of the cartilage at the nanoscale (Fig. 2-2) as has been observed for unconfined
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compression at the tissue scale (30). The remaining discrepancy between the theoretical model
and data are likely due to additional complex behavior of cartilage ECM including anisotropy of
the elastic constants and permeability, strain-dependent permeability, fibril orientation, strain-
rate-dependent fibril stiffness, and the intrinsic viscoelasticity of the ECM macromolecules.
The frequency dependence of the storage and loss moduli, an alternative representation of the
measured force and displacement data, has also been studied (for example, see Fig. S2-5 for the
storage and loss moduli corresponding to the data of Fig. 2-2). Similar to the frequency
dependence of the stiffness magnitude, the storage modulus increases monotonically with
frequency between low and high frequency asymptotes. The frequency response of the loss
modulus is similar to that of the stiffness phase angle, and is related to energy dissipation. A
peak in the loss modulus was observed, similar to that of the phase angle response; however, the
peak in loss modulus occurred at -50 Hz while the peak in the stiffness phase angle was -20 Hz.
Using the fibril-reinforced model, we then estimated the intrinsic material properties of immature
bovine cartilage having intact superficial zone, including the Young's modulus of the nonfibrillar
matrix, Em, the Young's modulus of the fibrillar network, Er, and the hydraulic permeability k
(Table 1). Analysis (Fig 5) showed that the material properties so calculated correspond to those
of the most superficial -100 pm of tissue; i.e., the properties of the superficial zone of cartilage.
The depth-dependence of the equilibrium longitudinal (confined compression) modulus H of
bovine articular cartilage has been reported previously (37); the measured value for the most
superficial 125 ptm of tissue was H - 0.1 MPa, which is in reasonable agreement with the
Young's modulus Em = 0.08 MPa obtained here (see Table 1; for v = 0.1, H - Em within 2%
47
error). In addition, the hydraulic permeability measured by dynamic nanoindentation (k - x10~
14 m4/N-s, Table 1) is also consistent with the known lower glycosaminoglycan content (and thus
higher permeability) of the superficial zone. The measured value for the Young's modulus of the
fibrillar network was Ef = 0.42 MPa, a factor of 5 larger than Em.
Thus, the ability of our approach for measuring the intrinsic material properties of cartilage at
high spatial and depth resolutions appears particularly useful in isolating the properties of
superficial zone cartilage, which is known to be the region subject to the earliest degradation in
osteoarthritic disease (38). The variation in the mechanical properties measured from location to
location, disk to disk, and joint to joint is most likely due to the known heterogeneity of cartilage
(39), associated with variations in the biochemical composition and spatial orientation of matrix
macromolecules. While the presence of a cell directly under the probe tip may also contribute to
the variation in measured property values (17), we speculate that the sparse distribution of cells
in the superficial zone (40) together with many indentation repetitions at different sites would
likely minimize such effects (For more details see the supplementary materials, Fig. S2-7).
One advantage of the developed method to measure the poroelastic properties of the cartilage is
the ability to capture the time-dependent behavior at both short and long time scales. Human and
animal cartilages experience compressive deformations over a very wide range of amplitudes and
frequencies depending on various activities of living. Quick running and jumping results in
cartilage impact strains of a few percent, and the resulting strain rates can correspond to
frequencies as high as the kHz range. Conversely, resting after loading leads to very slow stress
relaxation rates, corresponding to larger deformations and to frequencies as low as mHz; this a 6
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order of magnitude range in frequencies with deformations in the whole joint from nano to
macro scales. In the present study, we measured the dynamic response of cartilage over all the
possible frequencies within the limitations of the instrument (0.2-130 Hz) with nanoscale
deformation amplitudes. The increase in stiffness and dissipation occurs at high frequencies
(short time loading), which correspond to impact loading. This behavior has previously been
investigated in macroscale deformations, while nanoscale deformation has been the focus of this
work.
Ongoing studies using this approach are focused on measurement and modeling of electrokinetic
interactions in charged tissue and gels such as cartilage. The presence of electrokinetic streaming
potentials constitutes direct evidence of local intratissue fluid flow. Mechanical deformation of
the hydrated extracellular matrix causes a flow of interstitial fluid and fluid-entrained
counterions relative to the fixed charge group of proteoglycans. This fluid flow is driven by
compression-induced pressure gradients as simulated diagrammatically in Fig. 2-5. Thus, fluid
convection of counterions tends to separate these ions from the oppositely charged molecules of
the matrix, thereby producing an electric field collinear with the fluid flow and proportional to
the fluid velocity at each position within the matrix, which has been characterized at the tissue
scale (3, 41). These ongoing studies should enable understanding of the electrokinetics of
cartilage at the nanoscale.
This method may also be relevant for diagnostics of cartilage pathology. While changes in
stiffness between healthy and diseased tissue may be a factor of 2 or 3 (42), we recently found
(not reported in the present study) that the hydraulic permeability of biochemically degraded
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tissue increased by an order of magnitude, which can be quantitatively measured by the change
in the frequency peak of the phase angle. Therefore, the present study sets the groundwork for
ongoing investigations of poroelasticity of tissue during osteoarthritic-like disease progression by
characterizing the poroelastic behavior of cartilage at nanoscale deformations.
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2-5 Conclusions
Here, we used Atomic Force Microscopy (AFM)-based dynamic oscillatory compression
(frequency range, f - 0.1-100 Hz, amplitude 6 - 15 nm, indentation depth 6o ~ 3 pm) in
conjunction with poroelastic finite element modeling to quantify and predict the frequency-
dependent mechanical behavior of cartilage. We observed the full poroelastic response of the
cartilage over the frequency range of 3 decades, i.e., we clearly observed the low and high
frequency asymptotes in the magnitude of the dynamic modulus (corresponding to equilibrium
and instantaneous responses, respectively), as well as the peak in the phase angle (corresponding
to the peak in energy dissipation). Firstly, by defining the characteristic frequency fpeA as the
frequency at which the phase angle peaks, we showed that fpe scales linearly with the inverse
square of the contact distance, id 2, where the contact distance d is the characteristic distance
over which the fluid flows. Secondly, we observed that the magnitude of the dynamic modulus
IE*I and the phase angle # correspond well to that predicted by the fibril-reinforced model. And
thirdly, the dynamic mechanical properties were observed to be independent of the deformation
amplitude in the range 5 = 7 to 50 nm over the entire frequency spectrum of interest, as predicted
by linear poroelasticity theory. The above evidence suggests that poroelasticity is the dominant
mechanism underlying the time-dependent mechanical behavior at nanoscale deformations.
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2-7 Figures
Intact Superficial Zone Colloidal Tip AFM Cantilever
21=9 mm R= 12.5 pm
h=1 mm
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Figure 2-1. (a) Samples were harvested from the femoropatellar grooves of 1-2-week-old bovine
calves. (b) Compressive deformations were applied using AFM probe tips having probe diameter
of R = 12.5 pm. (c) The deformation profile consisted of an initial preindentation of So = 2-4 pm
followed by sinusoidal displacements having an amplitude =15 nm superimposed on the the
preindentation So. The displacement frequency was swept from f = 0.2-130 Hz. (d) The finite
element simulation is shown schematically for an impermeable indentor and substrate.
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Figure 2-2. (a) The mean value and 95% confidence intervals for the magnitude of the dynamic
indentation modulus IE*I is shown as a function of frequency for n = 10 independent indentation
sites on one typical disk. The moduli EL and EH represent the low frequency and high frequency
asymptotes of the modulus curve, respectively. (b) The mean value and 95% confidence intervals
for the phase angle of dynamic modulus versus frequency. The characteristic frequency at which
the phase peaks is denoted byfpea. At low and high frequencies the phase angle approaches zero.
The behavior predicted by an isotropic (red) and a fibril-reinforced (blue) poroelastic finite
element model are shown for the magnitude and phase of the dynamic modulus. The material
parameters obtained from the best fit of the isotropic model to the data are: E = 0.032 MPa, k =
9.1x10-14 m4/N-s and v = 0. The material parameters obtained from the best fit of the fibril-
reinforced model are: Em = 0.032 MPa, Ef = 0.29 MPa, k = 1.3x10~1 4 m4/N-s, with v taken to be
0.1 based on measurements reported for similar bovine calf cartilage in the literature (35).
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Figure 2-3. (a, b) Magnitude and phase of the dynamic indentation modulus of cartilage
measured with increasing indentation depths So and, as a result, increasing contact distances d
for indentation at a single typical location. (b) The peak frequencyfreak decreased with increasing
contact distance d. (c) The peak frequency, fpea is plotted as a function of the inverse square of
the contact distance, lid 2, for five sequential increases in d performed at three different locations
(each line corresponding to one of the locations). The best fit linear regression lines betweenfpeA
and I/d2 (the minimum value of the goodness-of-the-fit, R2 was 0.949 for all the 16 locations)
confirming this relation between fpek and 1/d2 suggest that poroelasticity is the dominant
mechanism in the observed dynamic response at the nano-scale.
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Figure 2-4. (ab) Parametric study of the dynamic response of the fibril-reinforced model by
varying the Young's modulus of the nonfibrillar matrix, Em. The other parameter values are
fixed at: Ef = 0.1 MPa, k = 2x10- 4 m4/N-s and v = 0.1 (cd) Parametric study of the dynamic
response by varying the Young's modulus of the fibril network, Ef. The other parameter values
are fixed at: Em = 0.03 MPa, k = 2x10 14 m4/N-s and v = 0.1
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Figure 2-5. Fluid velocity magnitude and pore pressure computed from the fibril reinforced
model based on parameter values in Table 1. Fluid velocity magnitude is shown for low
frequencies f = 3 Hz (a - d) and high frequency f = 70 Hz (a' - d'). Pore pressure is shown for
low frequency f= 3 Hz (e - h) and high frequency f= 70 Hz (e' - h'). The fluid velocity and pore
pressure are compared at four different times over a full cycle, i.e., t = 0, T/4, T/2 and 3T/4
where T is the period of the corresponding frequency.
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2-8 Tables
Table 2-1. Poroelastic properties of bovine calf femoropatellar groove cartilage disks harvested
with intact superficial zone. Em = Young's modulus of the non-fibrillar matrix; Ef = Young's
modulus of the fibrillar network; k = hydraulic permeability. n = 4 disks were tested from each of
N = 3 joints. First, for each disk, the mean ± SD of property values was computed from tests on
m = 4 different locations on that disk. The mean ± SE was then computed for the n = 4 disks
harvested from each joint. Finally, the mean ± SE was obtained from the N = 3 joints.
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Joint (Animal) # Em (MPa) Ef (MPa) k (m4/N.s) x106'
1 (mean ± SE) 0.054 ± 0.011 0.30 ± 0.05 7.79 1.51
2 (mean± SE) 0.101 ± 0.024 0.56 ±0.15 11.60 2.44
3 (mean ± SE) 0.073 ± 0.020 0.39 ± 0.05 10.64 2.41
mean ± SE 0.076 ± 0.007 0.42 ± 0.08 10.01 1.14
2-9 Supporting Material
Cells have negligible contribution to the observed mechanical properties:
It is well known that the material properties of cartilage depend primarily on the properties of
extracellular matrix (ECM), as has been reported in the literature. Compared to smooth muscle,
chondrocytes (about 10 microns in diameter) comprise only 3-5% of cartilage by volume (1-3),
and they mainly contribute to the long-term homeostasis (maintenance and gradual turnover) of
the ECM (1). Given this volume ratio, the equilibrium modulus of chondrocytes as -1 kPa (4),
and the equilibrium modulus of ECM as ~ 0.1 MPa, the mixture equilibrium modulus is
estimated to be only 4% below the ECM's modulus. While chondrocyte biosynthesis of ECM
molecules can be altered by dynamic compression, this response evolves much more slowly
(hours to days) compared to the -100-second duration of a given indentation test as performed
here. In addition, the cells do not contract or change their morphology in response to such low
amplitude compressions. However, in micro and nanoscale tests, such as indentation, it is,
indeed, possible that the cells might contribute to the measured mechanical properties if a
particular cell happened to be directly under the probe tip at the surface of the tissue, and given
that the chondrocyte is less stiff than the ECM (4). To minimize this possible but unlikely event,
we performed nanoindentation at multiple sites on each disk (10 different sites for the data of
Fig. 2-2, and 2-4 different sites for the data of Fig. 2-3 and Table 2-1 . In Table 2-2 results, the
mean ± SE of the material properties of each joint were calculated from the 4 disks from each
joint, and the averaged material property values over all three joints were then computed (i.e.,
mean ± SE, n = 3). Given that the cells are distributed sparsely within the matrix (see Fig. S2-7
for histology of the cartilage at the superficial zone), together with the high number of
indentations for each reported value, we believe that the measured properties primarily reflect
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those of the ECM within the superficial zone of the tissue. In addition, the stiffness values
reported in the present study match well with the values for the superficial zone (the first 125 gm
layer) of bovine cartilage using optical displacement measurement of fluorescently labeled
chondrocytes in macroscale (5).
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Figure S2-1. (a, b) Parametric study of the magnitude and phase of the dynamic modulus
resulting from variations in the Poisson's ratio, v, based on fibril-reinforced model: v = 0, 0.15
and 0.45, and the other parameter values are set at: Em = 0.03 MPa , Ef = 0.1 MPa and
k = 2x10-14 m4/N-s. The ratio of high to low frequency modulus, EH/EL (c), Low-frequency
modulus, EL (d) and the peak frequency fpak (e) are plotted versus the Poisson's ratio, v, for
values between 0 and 0.45.
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Figure S2-2. (a) Raw data for the experiment of Figure 2 are shown along with the mean value
and 95% confidence intervals for the magnitude of the dynamic indentation modulus IE* versus
frequency for n = 10 independent indentations on one typical disk. The moduli EL and EH
represent the low frequency and high frequency asymptotes of the modulus curve, respectively.
(b) Raw data along with teh mean value and 95% confidence intervals for the phase angle of
dynamic modulus versus frequency. The characteristic frequency at which the phase peaks is
denoted by fpeak. At low and high frequencies the phase angle approaches zero. The behavior
predicted by an isotropic (red) and a fibril-reinforced (blue) poroelastic finite element model are
shown for the magnitude and phase of the dynamic modulus. The material parameters obtained
from the best fit of the isotropic model to the data are: E = 0.032 MPa, k = 9.1x10-14 m'/N.s and
v = 0. The material parameters obtained from the best fit of the fibril-reinforced model are: Em =
0.032 MPa, Ef = 0.29 MPa, k = 1.3x10-14 m4/N-s, with v taken to be 0.1 based on measurements
reported for similar bovine calf cartilage in the literature.
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loss modulus, E" (b), corresponding to the same measurements as that shown in Figure 2 of the
main text, are plotted as a function of frequency for n = 10 independent indentations on one
typical disk.
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Chapter 3
High Bandwidth AFM-Based Rheology
Reveals that Cartilage is Most Sensitive to
High Loading Rates at Early Stages of
Impairment *
* This chaptor is published as:
Nia, H. T., I. S. Bozchalooi, Y. Li, L. Han, H.-H. Hung, E. Frank, K. Youcef-Toumi, C. Ortiz, and
A. Grodzinsky. 2013. High-Bandwidth AFM-Based Rheology Reveals that Cartilage is Most
Sensitive to High Loading Rates at Early Stages of Impairment. Biophysical Journal 104:1529-
1537.
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3-1 Introduction
Cartilage, as well as many soft connective tissues, functions mechanically across a wide spectrum
of daily loading frequencies (time scales) (Fig. 3-l a), from <1 Hz in slow activities such as walking,
to 1000 Hz for high-rate activities such as jumping and impact sports (1-6). A major mechanism
underlying the macroscale mechanical functions of cartilage is known to be poroelasticity, based on
theoretical and experimental tests including transient stress-relaxation and creep (7-10) and dynamic
compression (11). Poroelasticity manifests itself via fluid-solid frictional dissipation and intra-tissue
fluid pressurization that underlie important mechanical functions of cartilage, especially frequency-
dependent self-stiffening, energy dissipation and hydraulic permeation. Recently, nanoscale
methodologies have been employed to study cartilage functions under quasi-static and low
frequency loadings (12-14). However, the full-frequency spectrum of poroelastic behavior, which is
critically important to the understanding of nanoscale dynamic loading, has not been well-studied.
How does the molecular structure of cartilage provide optimal tissue-level function over the wide
spectrum of daily joint motions, and how does impact loading induce molecular-level degradation
of the extracellular matrix (ECM) that occurs at the earliest stages of post-traumatic osteoarthritis
(15)?
It has been demonstrated previously at the macro-tissue scale that cartilage proteoglycans constitute
the main resistance to fluid flow under quasistatic and low frequency loading conditions (12, 16,
17). Here, we hypothesize that the glycosaminoglycan (GAG) chains of the proteoglycan,
aggrecan, play a dominant role in the high frequency loading of cartilage as the primary resistance
to fluid flow at the nanoscale. Since proteolytic degradation of GAG-containing aggrecan occurs at
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the earliest stage of Osteoarthritis (OA), a significant alteration could occur in the ability of
cartilage to resist impact compressive loads. The consequences of this GAG loss to the dynamic
functioning of cartilage over a wide frequency range have not been illuminated by the previously
observed quasi-static behavior of the tissue (12, 14, 18). We have therefore quantified the nanoscale
hydraulic permeability of both normal and GAG-depleted cartilage using a novel wide-frequency
(1Hz to - 10kHz) nano-rheology system. We show that this nanoscale hydraulic permeability is a
sensitive indicator of the loss of cartilage function under high impact loading frequencies.
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3-2 Materials and Methods
High-frequency AFM-based rheology system:
To measure the complex dynamic modulus of cartilage over a wide frequency range (1 Hz to 10
kHz), we developed a high-frequency rheology system coupled to a commercial AFM, MFP-3D
(Asylum Research, Santa Barbara, CA). To obtain a vertical displacement on the order of 10 pm in
commercial AFMs, a large piezo (on the order of centimeters) needs to be chosen. As a result, the
resonance frequency/bandwidth of the piezo is low (19), resulting in an upper frequency limit of
approximately 200 Hz (13) or as low as 10 Hz (18) in commercial AFMs (for examples, see
Supporting Fig. S3-1). Our approach is to couple a high-frequency actuating system to the
commercial AFM. The main component of the system is a small piezo, called the 'secondary piezo'
in this report (Fig. 3-2a). Unlike the z-piezo of the commercial AFM (called the 'primary piezo'),
the secondary piezo is chosen to be small (2 x 2 x 2 mm) (PL022, Physik Instrumente, Auburn,
MA) to maximize the feasible frequency range by pushing the resonance frequency of the combined
piezo system to high frequencies. We made the displacement of the secondary piezo load-
independent by applying a permanent pre-stress to the piezo by clamping it between a plate and the
substrate (Fig. 3-2a). The clamp system has its own mechanical resonances, which were diminished
by optimizing the plate geometry and material. To have a low weight-to-stiffness ratio, we
fashioned the plate from carbon fiber, with dimension of 0.5 x 5 x 30 mm. We used polystyrene
colloidal probe tips with end radius, R ~ 12.5 pm (Polysciences, Warrington, PA) attached to tipless
cantilevers with nominal spring constant k ~ 30.0 N/m (Budget Sensors, Sofia, Bulgaria). The
colloidal probes were attached to the cantilever by the lift-off process: a dot of glue (M-Bond 610,
Structure Probes, Inc./SPI Supplies, West Chester, PA) was placed on a tipless cantilever by making
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quick contact between the cantilever and a thin layer of glue (1 pl) spread over a 10x 10 mm mica
surface. We then made contact between the tip of the cantilever and a colloid probe resting on a
glass slide immediately, and waited for one minute while the cantilever was pushing against the
colloid. This process was followed by heat curing for two hours at 150 *C.
Loading profile:
In order to cover the loading frequencies that human cartilage experiences (Fig. 3-la), we chose the
indentation loading profile of Fig. 3-2b: a ramp-and-hold pre-indentation of -2 pm, followed by an
oscillatory displacement having a dynamic amplitude of 2 nm. Thus, the dynamic amplitude is less
than the dimensions of a single aggrecan (20) or collagen molecule (21). The pre-indentation is
applied using the primary z-piezo of the commercial AFM and the secondary piezo is used to apply
the low amplitude oscillatory displacement over a wide frequency range, which is well beyond the
capabilities of commercial AFMs. The secondary piezo is activated by an oscillatory frequency
sweep signal (DC voltage = 0 V and oscillatory voltage amplitude = 0.5 V), which is generated in
LabView (National Instrument Co., Austin, TX) and amplified by a custom-made power amplifier
to supply the required current at high frequencies. The frequency sweep is performed from the start
frequency of 1 Hz, with frequency multipliers of 1.2 and with 3 cycles per each frequency (total
frequency sweep time is -18 seconds). The end frequency is 10 kHz. The low number of cycle per
frequency is compensated with the low frequency multiplier, which is 1.2. This will result in more
than 50 frequencies in the range of 1 Hz to 10 kHz. The sampling rate of the measurement was fs =
100 kHz. The digital-to-analog conversions were performed by data acquisition system NI USB
6351 (National Instrument Co., Austin, TX). This loading profile was applied to both normal
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(healthy) (Fig. 3-lb,c,d) and GAG-depleted cartilage (Fig. 3-le,fg), the latter representing one of
the earliest events in osteoarthritis (22, 23).
Data Acquisition and Analysis:
The z-piezo voltage from the secondary piezo and the deflection voltage from the MFP-3D were
measured by the analog-to-digital converter NI USB 6351 and LabView. After converting the z-
piezo and deflection voltages to force, Foc, and displacement, 3, in the time domain, the frequency
domain magnitude and phase were calculated from the Fast Fourier transform (FFT) of the ratio of
the FOse/S using MATLAB function "etfe". The result was smoothed by applying a Hamming
window with the size of 100 samples, in which each time series contained -2x106 samples. All data
processing was performed using MATLAB (The MathWorks, Natick, MA). The magnitude of the
dynamic complex indentation modulus at each frequency was then obtained as (24):
I E*(f) I= Fos(f) 1 (3-1)3(f ) 2(R90 )"
where: R is the probe radius. Fsc/S was normalized as above based on a Taylor series expansion of
Hertz model to account for the spherical probe tip geometry (24). The phase angle < of the dynamic
modulus represents the phase of the resulting force Fose with respect to the applied displacement 5
(Fig. 3-2c).
Sample preparation:
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Eight cartilage cylinders (3 mm in diameter) were harvested from the femoropatellar groove of each
of 4 knee joints from 1-2-week old bovine calves (i.e., four different animals). The cartilage
cylinders were harvested within 6 hours post mortem, and maintained at physiological ionic
strength in phosphate buffered saline (PBS) afterward. Two sequential 0.7-mm-thick disks were cut
from each cylinder. The intact surface of the first disk includes the superficial zone of the cartilage,
while the second disk consisted of middle zone cartilage (the superficial zone constitutes the first
100-200 urn in young bovine cartilage (25)). From each joint surface, one set of four
superficial/middle zone disks was kept in PBS with protease inhibitors as 'normal' cartilage and the
mechanical tests were then performed within 6 hours after harvesting the samples. The second set
was enzymatically GAG-depleted by incubation of the disks for 48 hrs in PBS containing 0.1 U/ml
chondroitinase ABC (26) (Seikagaku Kogyo Co., Japan). After GAG-depletion by this method, the
collagen network is still intact (27) (See Fig. S3-2 for histological images and biochemical
measurements of normal and GAG-depleted samples).
Histology:
Light microscopy of toluidine blue stained disks was used to visualize the spatial distribution of the
sulfated GAGs (sGAG) remaining in the disks (28). Axial (vertical) cross sections of normal
untreated middle zone disks showed that sGAG content was spatially uniform throughout the
section (Fig. S3-2a). In normal superficial zone disks, GAG content decreased gradually from the
bottom surface toward the top-most surface where it is known to have the relatively lowest GAG
content of full-thickness cartilage (29) (Fig. S3-2c). In contrast, after the enzymatic depletion, a
spatially uniform loss of GAG was observed throughout disks from both middle zone and
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superficial zone cartilage (Fig. S3-2b,d). For this histological examination, disks were fixed in 10%
buffered formalin (Sigma-Aldrich) overnight at 40 C, dehydrated via a series of graded alcohol
incubations, then xylene. Samples were paraffin-embedded, and 5 urn sections were re-hydrated,
and stained with 0.1% Toluidine Blue 0 (Sigma-Aldrich) in deionized water (pH 7.1).
Biochemical Measurements:
We used the dimethylmethylene blue assay (30) to obtain a quantitative measure of sGAG content
of 0.7mm thick disks from the middle zone and the top-most 0.2-mm of the 0.7mm disks from the
superficial zone. Treatment with chondroitinase ABC reduced GAG content by a factor of 8 in the
middle zone disks and by a factor of 3 in the superficial zone disks (Fig. S3-2e). Superficial zone
cartilage has less GAG content (25) and, as a result, we observed less relative GAG loss from the
superficial zone after enzymatic GAG-depletion. These biochemical measurements were performed
on all AFM-tested specimens immediately after dynamic indentation tests to most closely reflect
GAG content at the time of indentation testing.
Poroelastic Finite Element Modeling
A fibril-reinforced poroelastic model (31) was implemented in which cartilage is approximated as a
composite composed of an isotropic nonfibrillar matrix (representing the proteoglycan constituents;
same element as used in the isotropic model), a fibril network (representing collagen fibrils) and a
fluid phase (representing the water/electrolyte solution). We implemented this model by using the
soil mechanics capacity of the general purpose commercial finite element software ABAQUS
(Version 6.9, SIMULIA, Providence, RI). We used the axisymmetric poroelastic elements (CAX4P)
because of the symmetry of the problem. The AFM probe tip, made out of polystyrene, was treated
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as a rigid solid since polystyrene (E - 3 GPa) is much stiffer than cartilage (E - 0.1-0.5 MPa). For
the boundary conditions, we assumed the indenter and the substrate surface to be impermeable to
fluid flow, and the indenter-cartilage contact region to be frictionless (13). We set the pore pressure
to zero at the top surface of the cartilage (excluding the indenter contact surface) and the side
surfaces of the cartilage to simulate free draining of the interstitial fluid from the cartilage at those
surfaces. The relevant mechanical properties to be estimated are the Young's modulus EL, Poisson's
ratio v and the hydraulic permeability k of the nonfibrillar matrix and the Young's modulus of the
fibril network. The Young's modulus of the fibrillar network is represented by Ef. As a first
approximation, it is assumed that the fibers resist only tension, and the compressive modulus for the
fibers is set to zero (31).
Statistics
All the dynamic modulus measurements were analyzed on the basis of N 4 animals; the value for
each animal was calculated as the mean of n = 4 disks of normal versus n =4 disks of
chondroitinase-treated cartilage from that animal. The value for each disk was calculated as the
mean of m = 4 indentation sites on each disk. We used nonparametric Wilcoxon signed rank test
(32) since no assumption was made concerning the normality of the data. We used p < 0.05 for
statistical significance.
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3-3 Results and Discussion
GAG-depletion markedly alters self-stiffening and energy dissipation
We measured the magnitude of the complex dynamic modulus IE*I (e.g., Fig. 3-3a) and the phase
angle 4 of the force with respect to the applied displacement (e.g., Fig. 3-3b) for both normal and
GAG-depleted cartilage (see Fig. 3-3c-d for the corresponding storage and loss moduli, E' and E"
respectively). IE*I for normal cartilage decreased to an asymptotic value at low frequencies of EL -
0.15 MPa (Fig. 3-3a). At high frequencies, IE*I increased by a factor of 15 to EH - 2.5 MPa atf= 1
kHz. We observed a similar trend for the GAG-depleted disks but with overall lower values of IE*1;
the low frequency asymptote was EL - 0.1 MPa while atf= 1 kHz IE*I increased to EH - 0.8 MPa,
a factor of -8 higher than EL. The phase angle * measured for normal cartilage peaked at fpeak = 55
Hz and tended towards zero degrees at lower and higher frequencies. A similar overall trend was
observed for the GAG-depleted cartilage; however, the peak frequency shifted dramatically upward
to freak = 800 Hz. The important features of the magnitude and phase angle of E* for GAG-depleted
cartilage were found at high frequencies (f >> 100 Hz), which are beyond the frequency range
typically accessible using commercial AFMs. The extended frequency range provided by the newly
developed system made the observation of fpeak for GAG-depleted cartilage possible. The peak
frequency of the phase angle, together with frequency dependence of IE*I, are essential for
extracting values of the intrinsic mechanical properties of cartilage by nanoindentation (see below),
and for studying the link between these nanoscale mechanical properties and the molecular structure
and composition of the ECM.
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The protection of chondrocytes from impact loading is associated with the matrix poroelastic
mechanisms of self-stiffening and energy dissipation. Self-stiffening, defined here as the increase in
dynamic modulus IE*I with increasing loading frequency (Fig. 3-3a, normal cartilage), protects the
soft chondrocytes and their pericellular matrix (PCM) via an increase in the stiffness of the
interterritorial matrix (ECM) in response to dynamic loads. Energy dissipation, which is
proportional to the tangent of the phase angle * (Fig. 3-3b), disperses potentially destructive impact
energy by means of poroelastic viscous dissipation. Consistent with our previous study (13), normal
cartilage exhibits self-stiffening at the nanoscale, exemplified here by the increase in dynamic
modulus from -0.1 MPa to 3 MPa (Fig. 3-3a) over the frequency range 1-1000 Hz, which
encompasses most activities of daily life (Fig. 3-1 a). At high loading rates, such as those of running
and jumping, appropriate self-stiffening increases cartilage's ability to bear impact loads. This self-
stiffening pattern is accompanied by an optimum frequency for the peak of the phase angle 1 (- 50
Hz for normal cartilage as measured here). Importantly, we found that the self-stiffening and
dissipative patterns of GAG-depleted cartilage did not occur until much higher frequencies (Fig. 3-
3b), by more than a decade compared to normal cartilage. As a result, GAG-depleted cartilage
suffers a significant loss in its dynamic modulus at high frequencies (up to - 1000 Hz), which has
not been reported previously. In addition, the peak in phase angle is shifted from -50 Hz to -1000
Hz. Taken together, these results show that early GAG-loss from an otherwise normal cartilage
matrix results in a tissue that is unable to withstand impact loading, putting the collagen network at
risk, as we further describe below.
Hydraulic permeability is a sensitive indicator of GAG loss
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By fitting the fibril-reinforced model to the data obtained from normal and GAG-depleted cartilage
(Fig. 3-3a,b), the corresponding poroelastic material properties were estimated (Fig. 3-4 for
averages over all 4 animals; see supporting Fig. S3-4 for the corresponding data from each separate
animal). For the middle zone cartilage, where GAG content is normally high and relatively uniform
across its depth (Fig. 3-lb), the equilibrium modulus was EL, non = 0.13 ± 0.042 MPa and
decreased by a factor of 1.5 to EL,GAG-depleted = 0.09 ± 0.024 MPa for GAG-depleted tissue (Fig 4c).
However, the hydraulic permeability of these same middle zone specimens increased by a factor of
-25 from knornai = 5.4 x 10 -± 2.0 x 10 -15 m4/N-s to kGAG-depleted = 1.3 x ± 0.7 x 10.13 m4/N-s
(Fig 4a). Previous reports using macroscale (33-35) and nanoscale tests (12) have shown that the
contribution of aggrecan to the overall equilibrium compressive stiffness of cartilage is comparable
to or greater than the contribution of the collagen network. Therefore, GAG-depletion typically
decreases the equilibrium modulus by a factor of -2 or less, which is consistent with the results
obtained here. In contrast, the hydraulic permeability of normal cartilage is governed predominantly
by GAG chains (36). This is because the equivalent pore size for fluid flow is determined
predominantly by the spacing between neighboring GAG chains (-3 nm (20, 37)), which is much
smaller than the average spacing between collagen fibrils (-100 nm (37)). Thus, depletion of GAG
chains can greatly increase the hydraulic permeability, which was found here to be an increase of
-25-fold for middle zone cartilage.
To further confirm the hypothesis that GAG-chains play a major role in the nano-scale poroelastic
properties of cartilage, we quantified the effect of GAG-depletion on superficial zone cartilage. In
the superficial zone, the overall GAG content is less than that of the middle zone (29) and the GAG
content is least at the uppermost tissue surface (e.g., see the histological images, Fig. S3-2, for
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normal and GAG-depleted conditions). We observed that after GAG-depletion, the equilibrium
modulus decreased from EL, nnna = 0.06 ± 0.02 MPa to E, GAG-depleted = 0.04 ± 0.02 MPa, and the
hydraulic permeability increased from knonnai = 1.4 x 10-4 ±0.6 x 10~14 m4/N-s to kGAG-depleted= 2.6
x 10 ~14 0.7 x 10 -14 m4/N-s (Fig. 3-4b,d). Thus, the hydraulic permeability k of superficial zone
cartilage increased by a factor of -2 after GAG-depletion. The increase in k at the superficial zone is
less than the increase in k at the middle zone because of significantly less GAG content at the
superficial zone of the normal cartilage.
We previously showed experimentally and theoretically that the characteristic peak frequency of the
phase angle, peak, is related to the intrinsic material properties of a cartilage sample by the equation:
f,,ak oc (3-2)
where EL is the equilibrium modulus, k the hydraulic permeability, and d is the characteristic
contact distance between the tissue and AFM probe tip (13). Consistent with Eq. (3-2), the
alteration in hydraulic permeability and equilibrium modulus caused by GAG-depletion (Fig. 3-4)
leads to the observed -15-fold shift infpea for middle zone cartilage (Fig. 3-3b).
Length-scale dependence of the peak frequency is an independent measure of GAG-depletion
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Using a second, independent approach, we further confirmed the hypothesis that Eq. (3-2) can be
used to directly infer the product of hydraulic permeability and equilibrium modulus (ELk) of a
cartilage specimen. Here, we measured the variation in fpea as a function of the characteristic
contact distance d, by changing the static offset indentation depth, So, of Fig. 3-2b. We observed
that the relationship between fpea and 1/d2 is linear (Fig. 3-5) for both normal and GAG-depleted
cartilage, but with a much larger slope for the GAG-depleted specimens. The consistency of this
linear relationship confirms, first, that the frequency-dependent nanomechanics of GAG-depleted
cartilage is governed by linear poroelasticity, as was previously shown only for normal cartilage
(13). Secondly, the slope of each line represents the (ELk) product at the precise location of the
AFM probe tip during each test. By comparing the experimentally measured slopes for typical
normal and GAG-depleted disks (Fig. 3-5), we observed that the average (ELk) product for GAG-
depleted cartilage was -23 times greater than (ELk) for normal cartilage, on the same order as the
-15-fold increase obtained from the theoretically predicted values of (ELk) from our finite element
model as well as the shift infpe, observed in Fig. 3-3b. This measurement was repeated for most of
the disks from other joints, and similar trends were observed.
Hence, the influence of aggrecan-GAG degradation on the nanoscale material properties of cartilage
was estimated using Eq. (3-2) by two independent but self-consistent approaches: (i) the contact
distance, d, was held constant for both normal and GAG-depleted cartilage, and the shift in fpea
caused by GAG depletion was measured (corresponding to Fig. 3-3), and (ii) the contact distance
was experimentally varied for both normal and GAG-depleted cartilage, and the variation of fpek
with 1id 2 was measured, revealing alterations in the (ELk) product upon GAG-depletion (Fig. 3-5).
Interestingly, Eq. (3-2) has also been utilized to map the self-stiffening and energy dissipation
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properties of cartilage at macroscopic length scales (-1 mm) (38, 39). In previous macroscale
unconfined dynamic compression tests (38), the length scale chosen (d - 3 mm) was 200 times
larger than the contact distance of the AFM tip used in the present study, d - 14 pm. As a result, the
measured phase angle of macroscopic unconfined compression tests was shifted to lower
frequencies by 5 decades. Eq. (3-2) would therefore predict thatfp would be shifted from -50 Hz
in the present study down to -0.5 mHz; however, this very low macroscale peak frequency was not
observable because of low frequency measurement limitations (38) (see Supporting Fig. S3-5 for
this comparison).
Intra-tissue pressurization is reduced significantly by GAG-depletion
Using our fibril reinforced poroelastic finite element model (13), we studied the effects of GAG-
depletion on the nanoscale intra-tissue pressure distribution as a function of tissue depth and
frequency. The values of EL and k estimated for normal and GAG-depleted cartilage (Fig. 3-3
legend) were used in the model to predict the spatial and temporal variations in fluid pressure
resulting from dynamic compressive displacement of the AFM probe tip (Fig. 3-2b). We found that
the significant increase in hydraulic permeability k following GAG-depletion predicted a greatly
reduced intra-tissue pressurization caused by nanoscale compression (Fig. 3-6). The fluid pore
pressure in normal cartilage is higher by a factor of 5 compared to that of GAG-depleted cartilage
simulated at the peak frequency of the normal cartilage,fpea=55 Hz. In addition, in normal cartilage
the pressurization penetrates more deeply into the matrix and involves a larger volume of the matrix
engaged in dissipation and self-stiffening at high loading frequencies. In contrast, in GAG-depleted
cartilage, not only is the pore pressure reduced (Fig. 3-6), but because of the larger matrix pore size,
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the fluid velocity is higher at the location of loading (Fig. 3-lg, Fig. 3-6). GAG loss thereby reduces
the self-stiffening and energy dissipation properties of the ECM and, consequently, the
chondrocytes may be more prone to damage caused by impact loads during the earliest stages of
OA. In addition to these dissipative features, fluid pressure and flow velocity are also known to play
a significant role in modulation of the cell-matrix biosynthesis (40). Thus, the ability of
chondrocytes to respond to the pro-anabolic signals associated with moderate, low frequency
dynamic compression (41) could be significantly compromised by the consequences of high
frequency impact loading.
We believe that the information obtained from this study can aid in the fundamental understanding
of the mechanisms involved in pathological processes and tissue regeneration of biological tissues
at the molecular (42, 43), cellular (44, 45) and ECM levels (14, 46-48). For example in the
extracellular matrix of tumors, the interstitial fluid pressurization compresses the blood vessels,
which results in reduction of blood flow (46). Reduction of blood flow, accompanied by hypoxia, in
turn, promotes the tumor progression. This study thus may provide direct molecular-level insight
into similar applications in the mechanopathology of tumors, where the fluid-solid interaction plays
a critical role. Our wide-frequency approach in determining the nanoscale hydraulic permeability
can also provide insight into the transport problems in hydrogels (49) and soft hydrated tissues with
a wide range of poroelastic material properties.
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3-4 Conclusions
In this study, we measured the high-frequency dynamic nanomechanics of normal and GAG-
depleted cartilage, the latter representing a critical aspect of matrix degradation in the earliest stages
OA. The high-frequency measurements, which simulate loading rates during activities such as
running and jumping, were made possible by developing a high-frequency nano-rheology system
coupled to commercial AFMs. Equipped with this system, we were able to investigate molecular
level fluid-solid interactions which are manifest predominantly at higher frequencies. We quantified
alterations in nanoscale poroelastic properties of cartilage caused by GAG-depletion using a FEM-
based fibril-reinforced poroelastic model. First, we showed that the nanoscale hydraulic
permeability of cartilage is a more sensitive differentiator of early-OA-like matrix degradation
compared to the nanoscale equilibrium modulus: GAG-depletion increased the nanoscale hydraulic
permeability of middle zone cartilage by a factor of -25, while the equilibrium modulus decreased
by just 40%. Secondly, we demonstrated that GAG chains play a dominant role in the nanoscale
resistance of cartilage matrix to fluid flow and intratissue pressurization which, at the macroscale
(50), is known to protect the tissue from high loading-rate activities. At early stages of OA, during
which GAG chains are being depleted but the collagen network may still be completely intact, the
collagen network becomes more prone to damage caused by high rate impact loading. Thus, we
hypothesize that early stage GAG-depleted cartilage is more susceptible to "the rate of the load"
than the more conventionally studied "load magnitude".
89
3-5 References
1. Cross, R. 1999. Standing, walking, running, and jumping on a force plate. American Journal
of Physics 67:304.
2. Tanaka, Y., M. Shiokawa, H. Yamashita, and T. Tsuji. 2006. Manipulability analysis of
kicking motion in soccer based on human physical properties. IEEE. 68-73.
3. Dickinson, J. A., S. D. Cook, and T. M. Leinhardt. 1985. The measurement of shock waves
following heel strike while running. Journal of Biomechanics 18:415-422.
4. Richards, D. P., S. V. Ajemian, J. P. Wiley, and R. F. Zernicke. 1996. Knee joint dynamics
predict patellar tendinitis in elite volleyball players. The American journal of sports
medicine 24:676-683.
5. Heiner, A. D., J. A. Martin, T. 0. McKinley, J. E. Goetz, D. R. Thedens, and T. D. Brown.
2012. Frequency Content of Cartilage Impact Force Signal Reflects Acute Histologic
Structural Damage. Cartilage.
6. Hoshino, A., and W. Wallace. 1987. Impact-absorbing properties of the human knee. Journal
of Bone & Joint Surgery, British Volume 69:807-811.
7. Hu, Y., E. P. Chan, J. J. Vlassak, and Z. Suo. 2011. Poroelastic relaxation indentation of thin
layers of gels. Journal of Applied Physics 110:086103-086103-086103.
8. Mow, V. C., S. C. Kuei, W. M. Lai, and C. G. Armstrong. 1980. Biphasic creep and stress-
relaxation of articular-cartilage in compression - theory and experiments. Journal of
Biomechanical Engineering-Transactions of the ASME 102:73-84.
9. Mak, A. F., W. M. Lai, and V. C. Mow. 1987. Biphasic indentation of articular cartilage--I.
theoretical analysis. Journal of Biomechanics 20:703-714.
90
10. Buckley, M. R., J. P. Gleghorn, L. J. Bonassar, and I. Cohen. 2008. Mapping the depth
dependence of shear properties in articular cartilage. Journal of biomechanics 41:2430-2437.
11. Frank, E. H., and A. J. Grodzinsky. 1987. Cartilage electromechanics. II. A continuum
model of cartilage electrokinetics and correlation with experiments. Journal of
Biomechanics 20:629-639.
12. Han, L., E. H. Frank, J. J. Greene, H. Y. Lee, H. H. K. Hung, A. J. Grodzinsky, and C. Ortiz.
2011. Time-dependent nanomechanics of cartilage. Biophysical Journal 100:1846-1854.
13. Nia, H. T., L. Han, Y. Li, C. Ortiz, and A. Grodzinsky. 2011. Poroelasticity of Cartilage at
the Nanoscale. Biophysical Journal 101:2304-2313.
14. Stolz, M., R. Gottardi, R. Raiteri, S. Miot, I. Martin, R. Imer, U. Staufer, A. Raducanu, M.
Duggelin, W. Baschong, A. U. Daniels, N. F. Friederich, A. Aszodi, and U. Aebi. 2009.
Early detection of aging cartilage and osteoarthritis in mice and patient samples using
atomic force microscopy. Nature Nanotechnology 4:186-192.
15. Anderson, D. D., S. Chubinskaya, F. Guilak, J. A. Martin, T. R. Oegema, S. A. Olson, and J.
A. Buckwalter. 2011. Post - traumatic osteoarthritis: Improved understanding and
opportunities for early intervention. Journal of orthopaedic research 29:802-809.
16. Bonassar, L. J., E. H. Frank, J. C. Murray, C. G. Paguio, V. L. Moore, M. W. Lark, J. D.
Sandy, J. J. Wu, D. R. Eyre, and A. J. Grodzinsky. 1995. Changes in cartilage composition
and physical properties due to stromelysin degradation. Arthritis & Rheumatism 38:173-
183.
17. Maroudas, A. 1975. Biophysical chemistry of cartilaginous tissues with special reference to
solute and fluid transport. Biorheology 12:233.
91
18. Desrochers, J., M. Amrein, and J. Matyas. 2012. Viscoelasticity of the articular cartilage
surface in early osteoarthritis. Osteoarthritis and Cartilage:413-421.
19. Manalis, S. R., S. C. Minne, and C. F. Quate. 1996. Atomic force microscopy for high speed
imaging using cantilevers with an integrated actuator and sensor. Applied Physics Letters
68:871.
20. Ng, L., A. J. Grodzinsky, P. Patwari, J. Sandy, A. Plaas, and C. Ortiz. 2003. Individual
cartilage aggrecan macromolecules and their constituent glycosaminoglycans visualized via
atomic force microscopy. Journal of Structural Biology 143:242-257.
21. Jeffery, A., G. Blunn, C. Archer, and G. Bentley. 1991. Three-dimensional collagen
architecture in bovine articular cartilage. Journal of Bone & Joint Surgery, British Volume
73:795-801.
22. Sui, Y., J. H. Lee, M. A. DiMicco, E. J. Vanderploeg, S. M. Blake, H. H. Hung, A. H. K.
Plaas, I. E. James, X. Y. Song, and M. W. Lark. 2009. Mechanical injury potentiates
proteoglycan catabolism induced by interleukin 6 with soluble interleukin 6 receptor and
tumor necrosis factor in immature bovine and adult human articular cartilage. Arthritis &
Rheumatism 60:2985-2996.
23. Guilak, F., A. Ratcliffe, N. Lane, M. P. Rosenwasser, and V. C. Mow. 1994. Mechanical and
biochemical changes in the superficial zone of articular cartilage in canine experimental
osteoarthritis. Journal of Orthopaedic Research 12:474-484.
24. Mahaffy, R. E., S. Park, E. Gerde, J. Kas, and C. K. Shih. 2004. Quantitative analysis of the
viscoelastic properties of thin regions of fibroblasts using atomic force microscopy.
Biophysical Journal 86:1777-1793.
92
25. Klein, T. J., M. Chaudhry, W. C. Bae, and R. L. Sah. 2007. Depth-dependent biomechanical
and biochemical properties of fetal, newborn, and tissue-engineered articular cartilage.
Journal of biomechanics 40:182-190.
26. Asanbaeva, A., K. Masuda, E. J. Thonar, S. M. Klisch, and R. L. Sah. 2007. Mechanisms of
cartilage growth: modulation of balance between proteoglycan and collagen in vitro using
chondroitinase ABC. Arthritis & Rheumatism 56:188-198.
27. Billinghurst, R. C., W. Wu, M. Ionescu, A. Reiner, L. Dahlberg, J. Chen, H. Van Wart, and
A. R. Poole. 2001. Comparison of the degradation of type II collagen and proteoglycan in
nasal and articular cartilages induced by interleukin - 1 and the selective inhibition of type II
collagen cleavage by collagenase. Arthritis & Rheumatism 43:664-672.
28. Karsdal, M. A., E. U. Sumer, H. Wulf, S. H. Madsen, C. Christiansen, A. J. Fosang, and B.
C. Sondergaard. 2007. Induction of increased cAMP levels in articular chondrocytes blocks
matrix metalloproteinase-mediated cartilage degradation, but not aggrecanase - mediated
cartilage degradation. Arthritis & Rheumatism 56:1549-1558.
29. Xia, Y., S. K. Zheng, and A. Bidthanapally. 2008. Depth - dependent profiles of
glycosaminoglycans in articular cartilage by pMRI and histochemistry. Journal of Magnetic
Resonance Imaging 28:151-157.
30. Farndale, R. W., D. J. Buttle, and A. J. Barrett. 1986. Improved quantitation and
discrimination of sulphated glycosaminoglycans by use of dimethylmethylene blue.
Biochimica et Biophysica Acta (BBA)-General Subjects 883:173-177.
31. Soulhat, J., M. D. Buschmann, and A. Shirazi-Adl. 1999. A fibril-network-reinforced
biphasic model of cartilage in unconfined compression. Journal of Biomechanical
Engineering 121:340.
93
32. Conover, W., and R. L. Iman. 1981. Rank transformations as a bridge between parametric
and nonparametric statistics. The American Statistician 35:124-129.
33. Williamson, A., A. Chen, and R. Sah. 2001. Compressive properties and function-
composition relationships of developing bovine articular cartilage. Journal of Orthopaedic
Research 19:1113-1121.
34. Maroudas, A. 1980. Physical chemistry of articular cartilage and the intervertebral disc. The
Joints and Synovial Fluid. Sokoloff L (ed). Academic Press, New York:239-291.
35. Eisenberg, S. R., and A. J. Grodzinsky. 1985. Swelling of articular cartilage and other
connective tissues: electromechanochemical forces. Journal of orthopaedic research 3:148-
159.
36. Maroudas, A., J. Mizrahi, E. Ben Haim, and I. Ziv. 1987. Swelling pressure in cartilage.
Advances in Microcirculation 13:203-212.
37. Roughley, P. J., and E. R. Lee. 1994. Cartilage proteoglycans: structure and potential
functions. Microscopy research and technique 28:385-397.
38. Kim, Y. J., L. J. Bonassar, and A. J. Grodzinsky. 1995. The Role of cartilage streaming
potential, fluid-flow and pressure in the stimulation of chondrocyte biosynthesis during
dynamic compression. Journal of Biomechanics 28:1055-1066.
39. Frank, E. H., and A. J. Grodzinsky. 1987. Cartilage electromechanics .1. electrokinetic
transduction and the effects of electrolyte Ph and ionic-strength. Journal of Biomechanics
20:615-627.
40. Buschmann, M. D., Y.-J. Kim, M. Wong, E. Frank, E. B. Hunziker, and A. J. Grodzinsky.
1999. Stimulation of Aggrecan Synthesis in Cartilage Explants by Cyclic Loading Is
94
Localized to Regions of High Interstitial Fluid Flow. Archives of Biochemistry and
Biophysics 366:1-7.
41. Grodzinsky, A. J., M. E. Levenston, M. Jin, and E. H. Frank. 2000. Cartilage tissue
remodeling in response to mechanical forces. Annual review of biomedical engineering
2:691-713.
42. Han, L., D. Dean, C. Ortiz, and A. J. Grodzinsky. 2007. Lateral nanomechanics of cartilage
aggrecan macromolecules. Biophysical Journal 92:1384-1398.
43. Dean, D., L. Han, A. J. Grodzinsky, and C. Ortiz. 2006. Compressive nanomechanics of
opposing aggrecan macromolecules. Journal of Biomechanics 39:2555-2565.
44. Charras, G. T., J. C. Yarrow, M. A. Horton, L. Mahadevan, and T. Mitchison. 2005. Non-
equilibration of hydrostatic pressure in blebbing cells. Nature 435:365-369.
45. Lee, B. B., L. Han, E. H. Frank, S. Chubinskaya, C. Ortiz, and A. J. Grodzinsky. 2010.
Dynamic mechanical properties of the tissue-engineered matrix associated with individual
chondrocytes. Journal of Biomechanics 43:469-476.
46. Stylianopoulos, T., J. D. Martin, V. P. Chauhan, S. R. Jain, B. Diop-Frimpong, N. Bardeesy,
B. L. Smith, C. R. Ferrone, F. J. Hornicek, and Y. Boucher. 2012. Causes, consequences,
and remedies for growth-induced solid stress in murine and human tumors. Proceedings of
the National Academy of Sciences 109:15101-15108.
47. Jiao, T., A. Farran, X. Jia, and R. Clifton. 2009. High frequency measurements of
viscoelastic properties of hydrogels for vocal fold regeneration. Experimental mechanics
49:235-246.
95
48. Donnellya, E., R. M. Williams, S. A. Downs, M. E. Dickinson, S. P. Baker, and M. C. H.
van der Meulen. 2006. Quasistatic and dynamic nanomechanical properties of cancellous
bone tissue relate to collagen content and organization. mortality 2:3.
49. Kalcioglu, Z. I., R. Mahmoodian, Y. Hu, Z. Suo, and K. J. Van Vliet. 2012. From macro-to
microscale poroelastic characterization of polymeric hydrogels via indentation. Soft Matter
8:3393-3398.
50. Soltz, M. A., and G. A. Ateshian. 1998. Experimental verification and theoretical prediction
of cartilage interstitial fluid pressurization at an impermeable contact interface in confined
compression. Journal of biomechanics 31:927-934.
51. Clarke, R. J., S. Cox, P. Williams, and 0. Jensen. 2005. The drag on a microcantilever
oscillating near a wall. Journal of Fluid Mechanics 545:397-426.
52. Benmouna, F., and D. Johannsmann. 2002. Hydrodynamic interaction of AFM cantilevers
with solid walls: An investigation based on AFM noise analysis. The European Physical
Journal E: Soft Matter and Biological Physics 9:435-441.
53. Craig, V. S. J., and C. Neto. 2001. In situ calibration of colloid probe cantilevers in force
microscopy: Hydrodynamic drag on a sphere approaching a wall. Langmuir 17:6018-6022.
54. Ljung, L. 1999. System identification: Theory for the user Prentice-Hall. Upper Saddle
River, NJ.
96
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Figure 3-1. (a) The loading frequency content (time scale) within knee tissues resulting from
common physical activities covers a frequency range of 1-1000 Hz (0.001-1s): walking (1), kicking-
soccer (2), running (3), jumping (4), and traumatic impact (5, 6). (be) Histologic image of a normal
and GAG-depleted bovine cartilage stained with Toluidine Blue to visualize location and content of
GAGs (Scale bars, 100 pm); (cf) Schematics of the molecular structure of a normal and GAG-
depleted cartilage composed mainly of collagen fibers and aggrecan; (d,g) Schematic of AFM-
based dynamic excitation of normal and GAG-depleted cartilage, which results in intra-tissue fluid
flow velocity as indicated by the arrows (from FEM simulations).
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Figure 3-2. (a) The commercial AFM (MFP-3D, Asylum Research) is coupled with a high-
frequency system to extend the frequency range of dynamic measurement from 1 - 300 Hz in
commercial AFMs to 1 Hz - 10 kHz. (b) The dynamic nanoindentation loading profile is composed
of a ramp-and-hold (displacement of -2 pm, applied by the primary piezo of the commercial AFM)
and an oscillatory frequency sweep (sinusoidal displacement amplitude of -10 nm, applied by the
secondary piezo in the newly developed high-frequency system). (c) The displacement in the
oscillatory loading part is -2 nm.
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Figure 3-3. The mean value and 95% confidence intervals for the magnitude (a) and phase angle
(b) of the dynamic nanoindentation modulus, IE*l, versus frequency for n = 4 cartilage disks
harvested from the femoropatellar groove of one bovine calf knee joint having normal (solid blue)
99
CD
a)
0
a-
(U
75
'a
0
.2
(0
-J
4
10
- -I
410
I -
and GAG-depleted (dotted red) extracellular matrix. The experimental data corresponding to each
disk reflects the average of at least m = 4 independent indentations at different sites. The FEM
simulation results (dashed lines) based on a fibril-reinforced model (31) give overall estimates for
normal middle zone cartilage (EL= 0.2 MPa, Ef = 5 MPa, k = 5.4 x 10 -15 m 4N- s1) and GAG-
depleted cartilage (EL = 0.15 MPa, Ef = 4 MPa, k = 1.3 x 10 1 mIN's') using a value for Poisson's
ratio of o = 0.1 which was measured experimentally for this same aged bovine calf cartilage (40).
The storage modulus E' (c) and loss modulus E" (d) are shown for both normal and GAG-depleted
cartilage. The 95% confidence intervals are computed based on n = 4 disks harvested from one
typical joint (animal).
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Figure 3-4. The hydraulic permeability k of (a) middle zone (b) and superficial zone cartilage, and
the equilibrium modulus (low-frequency modulus EL) of (C) middle zone and (d) superficial zone
cartilage. All data are presented as mean ± SE for N= 4 animals, based on a mean of n = 4 plugs
from each animal. *: p < 0.05, using the nonparametric Wilcoxon signed rank test. The hydraulic
permeability and equilibrium modulus of specimens from each animal are shown in Supporting
Figure S4.
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Figure 3-5. The characteristic length-scale dependence of the dynamic modulus was further studied
by examining the relationship between the peak frequency of the phase angle,fpea, and the contact
distance, d, between the AFM probe tip and cartilage. Using a pair of normal and GAG-depleted
disks from adjacent regions of middle zone cartilage from one animal, the contact distance was
changed by increasing the static offset indentation depth So and the peak frequency was measured at
five different depths So at each test location for each specimen. The indentation depths So varied
from 0.9 to 2.8 pm for normal cartilage and from 1.3 to 2.8 pm for GAG-depleted cartilage. The
contact distance d is calculated from So via d = 2R cos1 ( (R- 60)/R), where R = 12.5 pm is the radius
of the probe.. Linear regression was performed to obtain the best fit, as shown (the lowest value of
the goodness of fit, R2, was 0.9 for all the locations). This process was repeated at four different
locations on the normal and the GAG-depleted cartilage disks. The average slope of the lines, which
is proportional to ELk (text Eq. (3-2)), is measured as tana = (1.65 ± 0.3) x105 Hz-pm 2 and tano =
(7.12 ± 2.1) x103 Hz-Rm2, (mean ± SD, n = 4) for GAG-depleted and intact cartilage, respectively.
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Figure 3-6. Finite element simulation of the pore pressure at frequency off= 55 Hz in normal (EL=
0.1 MPa, Ef= 5 MPa, k = 5.4 x 10 -15 m 4N's, o = 0.1) and GAG-depleted cartilage (EL = 0.08
MPa, Ef = 4 MPa, k = 1.3 x 10 3 m4N-'s-1, u = 0.1) confirms the effect of GAG-depletion on fluid
pressurization in dynamic loading, which consequently alters the nanoscale dynamic functions of
cartilage such as self-stiffening and energy dissipation. The pressure profile shown for each
condition is the maximum amplitude of the pore pressure versus depth at the frequency off= 55 Hz,
the frequency at which the phase angle 4 measured for the normal cartilage peaks.
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3-7 Supporting Materials
Hydrodynamic effects in high-frequency dynamic test
All experiments with cartilage tissues were performed with the specimens fully hydrated in
phosphate buffered saline (PBS). The oscillation of the substrate/sample near the spherical probe tip
of the AFM could potentially cause hydrodynamic drag, especially at higher frequencies and
selected AFM tip-cantilever geometries (1-3). Therefore, we independently measured
hydrodynamic effects by placing the AFM tip in PBS, alone, at distances ranging from 1-10 pm
from a hard substrate (mica), and applying sinusoidal displacements of amplitude 6 = 2 nm at
frequencies from 1Hz to 100 kHz. Hydrodynamic effects emerged only at the resonances of the
system, which were above the desired frequency range of 1Hz to 10 kHz. At frequencies below the
resonance, the hydrodynamic effects on the spherical tip attached to the stiff cantilever with k = 30
N/m were negligible. As further evidence for the lack of significant hydrodynamic effect in the
desired parameter range of our experiments, we observed that the phase angle for cartilage
mechanical behavior gradually asymptotes to zero degrees at high frequencies. This is indicative of
negligible hydrodynamic interactions, which would cause a precipitous change of phase angle with
a steep dependence on frequency.
Advantage of dynamic oscillatory tests (frequency domain) over stress-
relaxation and creep (time domain) tests for these studies:
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The process of characterizing the mechanical properties of cartilage falls into the well-established
realm of system identification, and an abundant of literature is available on this topic (4). This
process consists of excitations of the system via a selected input signal and analyzing the response.
However, it is important to note that the observable characteristics of the system under
consideration depend on the characteristics of the excitation signal. As a simple example, if one
aims to observe the behavior of a system in response to signals of frequency content 10-100 Hz, it
is imperative to make sure that the excitation signal does in fact contain such components.
In a similar fashion, the amount of energy injected into the system at a specific frequency range
defines the modeling emphasis on that specific frequency range. A step input is a good example to
clarify this matter. By exciting a system with a step input we inject high frequency signals into the
system over a very short period of time, i.e., at the very beginning of the excitation. However, the
rest of the excitation signal is mainly composed of a DC signal. As such, any model that is fitted to
such an input/output data inherently puts a great emphasize on the DC response of the identified
model rather than the high frequency behavior.
Put differently, the frequency content of a unit step is inversely proportional to the frequency i.e.
|1/wl. As such, one should note that a system identified via a step excitation puts more emphasis
(larger weight) on the low frequency behavior of the system, and as O -+ Co, the model does not
adequately reflect the characteristics of the system. Given the above, to have a reliable
characterization of cartilage at higher frequencies, it is very important to excite the cartilage over
the frequency range of interest with uniform energy distribution. This is an important characteristic
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of our frequency sweep excitation and leads to a reliable representation of cartilage dissipation at
high frequencies as well as low frequencies.
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Figure S3-1. The magnitude (a) and phase (b) of the ratio between z-displacement and z-voltage is
plotted for the intrinsic behavior of a commercial AFM (Veeco, Picoforce, Nanoscope 4) in red.
The response of the high-frequency system added to MFP-3D AFM is shown in black. These data
were obtained by indenting on a mica surface using a spherical tip (end radius R ~ 12.5 pm) and
cantilever with nominal spring constant k - 30.0 N/m.
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Figure S3-2. (a-d) Histological images of GAG content in normal and GAG-depleted middle zone
and superficial zone disks (Scale bars, 100 pm). (e) GAG content was quantified via the
dimethylmethylene blue dye-binding assay (mean ± SE). *: p < 0.05, using the Mann-Whitney test.
For middle zone, N = 4 disks (0.7-mm thick), and for superficial zone N = 7 disks (0.2-mm thick)
were used for each condition.
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Figure S3-3 A typical Force-Indentation Depth curve from a middle zone normal cartilage using an
AFM colloidal tip with end radius R = 12.5 pm is shown in black solid line. The best fitted
indentation curve predicted by Hertz model is shown in red dashed line. The indentation modulus
estimated by the Hertz model is Eind = 0.17 MPa, where the Poission's ratio is assumed to be u =
0.1. The close agreement between the Hertz model and the experimental indentation curve justifies
the use of Hertz model to account for the spherical probe tip geometry.
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Figure S3-4. The hydraulic permeability k for middle zone (a) and superficial zone (b) cartilage
and the equilibrium modulus (low-frequency modulus EL) for middle zone (e) and superficial zone
(d) cartilage were quantified for N = 4 animals. Data are presented as mean ± SE, based on n = 4
disks from each animal, where the data corresponding to each disk reflects the average of at least m
= 4 independent indentations at different sites. *: p < 0.05, using the nonparametric Wilcoxon
signed rank test.
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Figure S3-5 The phase * of the dynamic modulus for both normal and GAG-depleted cartilage
obtained by AFM-based dynamic indentation is compared with the phase angle from macroscopic
unconfined compression tests using 3mm diameter by 1mm thick cartilage disks (5). The length
scales involved in the AFM-based dynamic indentation are: probe radius R = 12.5 pm, So = 2 pm,
and probe tip-cartilage contact distance d = 14 pm. The relevant length scale for the unconfined
compression is the diameter of the sample, d = 3 mm. As we observed a shift in * in AFM-based
indentation after GAG-depletion, a similar shift in the phase * is expected at physiological macro-
scales. However, due to experimental limitations in measurements at low-frequency, this macro-
scale hypothesis has yet to be reported for sinusoidal testing.
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Chapter 4
Molecular Solid-Fluid Interactions Dominate
Extra-Cellular Matrix Mechanical Behavior*
* This chapter has been presented as:
H. T. Nia, L. Han, I. Bozchalooi, K. Youcef-Toumi, A. Grodzinsky and C. Ortiz, "Frequency-
dependent nanomechanical behavior of aggrecan demonstrates that aggrecan is the dominant
constituent responsible for the frequency dependence of cartilage poroelasticity," Transactions of
the 59th Annual Orthopaedic Research Society 2013, San Antonio, TX, 2013
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4-1 Introduction
Measurements of solid-fluid interactions in intra and extracellular matrix at the molecular level
provide the possibility of increased understanding of the fundamental principles underlying the
functional and structural properties of hydrated soft tissues, and the effect of pathological process
on these functions. Interaction of viscous fluid flow with elastic solid matrix, known as
poroelasticity, is the key mechanism in critical functions of soft tissues such as hydraulic
permeation and transport (1, 2), energy dissipation (3, 4), and rate-dependent mechanics (5, 6).
The past molecular level nanomechanical studies, which have used equilibrium or quasi-static
approaches, have mainly focused on elastic properties, which are independent of the fluid flow
(7-11). In these studies, the measurements are performed under equilibrium or quasi-static
conditions to decouple the effects of the fluid flow. The dynamic approaches to investigate the
fluid flow-dependent features of soft hydrated molecular layers include Quartz Crystal
Microbalance (QCM) (12, 13), commercial AF (5) (other refs), micro-beads (refs), and other
methods (14). Even though a wealth of information can be extracted from these dynamic
approaches, they are incapable of decoupling the poroelasticity from fluid flow-independent
mechanisms. The major limitations of these methods are the narrow bandwidth of the
measurements, and lack of characteristic features to differentiate between dissipation
mechanisms that are dependent or independent of fluid flow.
In this study, we chose aggrecan macromolecule because of its interesting complex structure and
the negatively charged glycosaminoglycan (GAG) brushes (Fig. 4-1 a, c-e) that contribute in the
structural and mechanical functions of many soft composite tissues such as cartilage and
meniscus (15) (more refs). The negative charges on GAG chains attract counter-ions and water
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(Fig. 4-1d), which makes aggrecan an ideal molecule for studying fluid-solid interactions. We
were also motivated to choose aggrecan, because of its critical role of this macromolecule in the
pathophysiology of diseases such as Osteoarthritis (OA) (16). At the earliest stage of OA, the
mechanical functioning of the cartilage deteriorates, particularly at high-rate (dynamic) activities
(3), after proteolytic degradation of GAG-containing aggrecan (16). Even though, the structural
(10, 17) and equilibrium nanomechanics of aggrecan (8, 9, 18, 19) have extensively been studied,
the fluid flow dependent nanomechanics of aggrecan and the mechanisms underlying the
poroelasticity of aggrecan are not well known.
We utilized a novel high-bandwidth AFM-based nanorheology system (3) to probe the full-
spectrum dynamic nanomechanics of aggrecan monolayer. In this methodology, an initial
indentation (-100 nm) is applied on the sample to form a well-defined contact distance between
the tip and the sample. This contact distance (Fig. 4-1f) is the distance over which the fluid flows,
and is a key characteristic length to distinguish fluid-flow-dependent mechanism underlying the
observed energy dissipation and self-stiffening of the responses (3, 4). After the initial offset, a
Random Binary Sequence (RBS) of steps with amplitude of 2 nm is superimposed to the loading
profile (Fig. 4-1b). The RBS loading profile is a high power stimulus for system identification,
which is optimized for acquiring the highest signal-to-noise-ratio and bandwidth compared to
other profiles such as sinusoidal sweeps (20, 21) (See the Supplementary Information). The 2-nm
push-release of the displacement profile results in a laminar fluid flow traveling back and forth
over the contact distance. This flow is resisted by the frictional drags of GAG chains (Fig. 4-le),
which results in fluid pressurization between the AFM tip and substrate (Fig. 4-1f). Quantifying
the magnitude and phase of the force exerted on the AFM tip due to solid stress and fluid
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pressurization, we are able to estimate the poroelastic properties of aggrecan monolayer, and
explore the molecular origins of the mechanisms underlying hydraulic permeation, energy
dissipation and self-stiffening of the extracellular matrix.
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4-2 Materials amd Method
Endgrafting
Purified fetal bovine epiphyseal (17), adult (38 years old) and newborn human aggrecan (10)
aggrecan were chemically end-grafted to gold-coated planar substates (6 mm x 6 mm) as
described previously (8). Aggrecan was end-functionalized by reaction with 1 IM dithiobis
(sulfosuccinimidyl propionate) and 0.1mM dithiothreitol (Pierce) for 1hr. Excess reactants were
removed by spinning (3500rpm, 6 hrs) with a centrifugal filter (Centricon, Millipore, 1OkDa
cutoff). Approximately 30[d of lmg/mi modified aggrecan solution in deionized water was
deposited onto freshly cleaned gold-coated surfaces and incubated for -48hrs in a humidity
chamber. Prior to nanomechanical measurements, the surfaces were thoroughly rinsed with
deionized water.
Measurement of height, strain, stress
Aggrecan height was measured versus normal force using micro-contact printing and contact
mode AFM imaging with probe of tip radius 22.5 pm (same as the one used in dynamic
nanoindentation). Aggrecan was end-grafted within circular patterns (15 pim in diameter) and an
OH-SAM filled the area outside of the circular area, as described previously (8). The heights
were measured in 0.001M-1M NaCl using -0 - 1300 nN normal force (scan rate = 60ptm/sec)
and were averages of eight 30 pm line scans (256points/line).
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High-frequency AFM-based nano-rheology system:
The complex dynamic modulus of cartilage was measured over a wide frequency range (1 Hz to
10 kHz), using a recently developed a high-frequency rheology system coupled to the
commercial AFM, MFP-3D (Asylum Research, Santa Barbara, CA)(3). AFM-based micro/nano-
rheology of biological systems can be categorized into two main approaches: (I) Methods that
probe the nanomechanical properties of the sample around the resonance frequency of the
cantilevers, and (II) methods that probe the properties of the sample at a wide frequency band
below any resonance frequencies of the apparatus, e.g., those associated with the cantilever,
driving piezo, base structure, etc. The former method is capable of measuring the mechanical
response of the sample at ultra high frequencies, but is limited to obtaining narrowband
frequency information from the sample (22, 23). For the latter group (4, 5, 24), a major obstacle
is the limitation in the upper bound of the frequency range for which the sample excitation is free
of any dynamics (e.g., resonances) (25-27). The upper limit of the feasible excitation frequency
range is mainly determined by the resonance frequency of the out of plane (vertical or z-) piezo
and its supporting structure(25, 27). To obtain a vertical displacement on the order of 10
micrometer in commercial AFMs, a large piezo (on the order of centimeters) needs to be chosen.
As a result, the resonance frequency/bandwidth of the piezo is low (28), resulting in an upper
frequency limit of approximately 200 Hz (4) or as low as 10 Hz (24) in commercial AFMs. Our
approach, which falls into the second category (wide-band rheology), is to couple a high-
frequency actuating system to the commercial AFMs. The main component of the system is a
small piezo, called the in this work (Figure S1). Unlike the z-piezo of the commercial AFM
(called the 'primary piezo'), the secondary piezo is chosen to be small (2x2x2 mm) (Physik
Instrumente, Auburn, MA) to maximize the feasible frequency range by pushing the resonance
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frequency of the combined piezo system to high frequencies. Unlike other AFM modifications in
which the sample excitation is not free of dynamics of the apparatus (e.g., resonances and load-
dependent behavior), we made the displacement of the secondary piezo load-independent. We
performed this by applying a permanent pre-stress to the piezo by clamping it between a beam
and the substrate. (An alternate solution that we tried is to add a mass that is significantly heavier
than the sample's weight; this solution has the drawback of lowering the resonance frequency of
the apparatus). The clamp system has its own mechanical resonances, which were diminished by
optimizing the beam geometry and material. To have a low weight-to-stiffness ratio, we
fashioned the beam from carbon fiber.
AFM tip specifications:
We used polystyrene colloidal probe tips gold coated with 100-nm thickness,, end radius, R -
22.5 tm, and 2.5 gm (Novascan, Ames, IA) attached to cantilevers with nominal spring constant
k - 4.0 N/m.
Loading profile: Random Binary Sequence (RBS):
To identify the frequency response of a system, a stimulus is needed to excite the sample. A high
power stimulus would lead to a high signal-to-noise ratio of the estimated frequency response.
For a given maximum allowable excitation amplitude, a low crest factor is a preferred stimulus
signal [1, 2]. In other words, for excitation signals of similar length, the one with a lower crest
factor leads to more accurate estimated parameters (i.e. smaller variance). Crest factor, for a
dataset, x[n], (n=1,...N), is defined as:
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This index is minimized for a Random Binary Sequence (RBS) (crest factor of 1) where the
excitation can only take two extreme values (20, 21). As such, a RBS signal is preferred to
alternatives such as a swept sine of similar length (crest factor of C ~ 1.4). In addition, the
random binary sequence data has the expected characteristics of wideband frequency content
which would reveal the dynamics of the system under investigation e.g. Agrecan in this study.
To generate such a RBS signal, a sign operator (sign(x)=1 for x > 0 and sign(x)=-1 for x < 0) is
applied to a set of simulated white Gaussian noise data, implemented in LabView (National
Instrument Co., Austin, TX). The amplitude of the resulting dataset is then scaled to the
maximum allowable excitation give to the secondary piezo actuator. To control the bandwidth of
the resulting RBS signal, we applied a lowpass pass filter to the white Gaussian noise, prior to
the application of the sign operator. In general, it is desired to have most of the excitation energy
to be focused over the frequency range of interest for identification. For example, for a system
where most of the important system information lies over the low frequency region, a lowpass
filter with a sharp cutoff at relatively low frequencies should be applied to the generated white
Gaussian signal prior to further processing. This step would limit the excitation of the system
over the frequency ranges where the dynamics of the system is not of interest, or the
actuators/sensors do not behave in a reliable manner.
The secondary piezo is then actuated by the resulting random binary sequence signal following
an amplification step via a custom-made power amplifier. In this study, the sampling rate of the
measurement was set to fs = 100 kHz, the length of the time series was set to T = 20 s, and the
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cut-off frequency of the low pass filter was set at fc = 10 Hz. The digital-to-analog conversions
were performed by data acquisition system NI USB 6351 (National Instrument Co., Austin, TX).
Finite Element Model
The aggrecan is end-grafted covalently to the gold-coated substrate, where the substrate confines
the aggrecan monolayer from lateral motion at the bottom of the layer (Fig. 4-la). This lateral
confinement results in higher stiffness in the lateral direction compared to the axial direction. A
transversly isotropic model (29) was implemented using the general purpose commercial finite
element software ABAQUS (Version 6.9, SIMULIA, Providence, RI) Because of the symmetry
of the problem, the specimen was modeled using axisymmetric, poroelastic elements (CAX4P).
The probe tip indenter was modeled as a rigid surface since the spherical tip is much stiffer than
the aggrecan monolayer. The probe tip was assigned a displacement history as described in Fig.
4-lb), and a zero-displacement boundary condition was assumed at the lower aggrecan-substrate
interface. The indenter and the substrate surface were assumed to be impermeable to fluid flow,
and the indenter-aggrecan contact region was assumed to be frictionless. The pore pressure was
set to zero at the top surface of the aggrecan (excluding the indenter contact surface) and the side
surfaces of the aggrecan to simulate free draining of the interstitial fluid from the aggrecan at
those surfaces. The relevant mechanical properties in this anisotropic model are the Young's
modulus in axial direction Ea, the Young's modulus in transverse direction Et, and the hydraulic
permeability, k. The rest of the parameters such as the Poisson's ratios 19a, Datand the shear
modulus Gtare assumed to be zero.
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4-3 Results and Discussion
We measured the nanomechanics of a single layer of aggrecan macromolecule at wide frequency
range of a four-decade using the novel high-frequency AFM-based nano-rheology system. The
first full spectrum nanomechanics of aggrecan, reported as the magnitude and phase of the
effective modulus over the frequency range of 1 Hz to 1 kHz, exhibits the following distinct
features: low frequency asymptote EL and high frequency asymptote EH of the magnitude of
modulus IE*I, and the frequency at which the phase lag <j peaks, fp (Fig. 4-2a,b). EL reflects the
modulus of the monolayer due to the solid content only, without any contribution from the fluid
flow because it is measured at very low frequency (i.e., equilibrium state). EH reflects the
modulus of the monolayer at high frequencies, equivalent to instantaneous loading, where the
mixture of the solid and pressurized fluid behaves as an incompressible material (30). At mid
frequencies, the interactions between solid-fluid dominate and the phase angle, indicator of the
energy dissipation (31), peaks at frequencyfp.
We showed that the mechanism underlying the observed frequency-dependent nanomechanics of
aggrecan is poroelasticity by experimental length-scale study. According to linear poroelasticity,
the peak frequency fpek has the following relationship with the contact distance d between the
AFM tip and aggrecan (Fig. 4-1f), and the hydraulic permeability k and modulus E:
Ek
fpeak 0 7 (4-1)
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This dependence of the phase angle peak frequency with the length scale d is unique approach to
confirm the hypothesis that solid-fluid interactions are the origin of the observed nanomechanics.
We performed the dynamic test on human newborn aggrecan with two AFM colloidal tips with
diameters of 45 pm and 5 gim. The difference in the tip diameter resulted in difference in contact
distances of d4 5 -pm = 3.1 pm and d 5-pm = 1.5 pm at near physiological ionic strength of 0.1 M
NaCl. We observed the a shift in fpeak from fpeak-45- ±m = 123 Hz tofpeak-sm = 518 Hz (Fig. 4-2 c),
which is consistent with the prediction of Eq. (4-1) from linear poroelasticity (Fig. 4-2d). We
showed that the dominance of fluid-solid interactions is independent of ionic strength by
performing the length scale study at different NaCl concentration of IS = 0.1, 0.01 and 0.001 M.
To quantify/estimate intrinsic poroelastic properties of aggrecan monolayer, we utilized finite
element poroelastic model. We added modeled the anisotropy that arises from the particular
arrangement of aggrecan monolayer by using a transversely isotropic model (32). The aggrecan
is end-grafted covalently to the gold-coated substrate, which confines the aggrecan monolayer
from lateral motion at the bottom of the layer (Fig. 4-1a). This lateral confinement results in
higher stiffness in the lateral direction compared to the axial direction. Since we used an
axisymmetric model, we found transversely isotropic model an appropriate model to describe the
aggrecan monolayer with the following modeling parameters: hydraulic permeability k, axial
modulus Ea, and transverse modulus Et (See Supplementary Information for more details on the
model). The simulation results of the FEM matches closely to the experimental data both for
magnitude and phase of the modulus over the wide frequency range of 1Hz to 10kHz, at different
ionic strength of 0.001, 0.01, 0.1 and I M NaCL. The close match between theoretical and
experimental results, and the prediction of the high/low asymptotes and the peak phase angle
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further confirms the hypothesis that the observed nanomechanics of aggrecan is governed by
linear poroelasticity.
We estimated the hydraulic permeability of aggrecan at the molecular level for the first time,
using the poroelastic finite element model and the experimental wide-bandwidth nanomechanics
of aggrecan monolayer. We estimated the hydraulic permeability of fetal bovine aggrecan to be k
= k = 4.8 x 10 -5 ± 2.8 x 10 ~1 m4/N-s. This value is consistent with the hydraulic permeability
of the normal ECM of a young bovine cartilage (Fig. 4-3d), where it is hypothesized that its
aggrecan content is the main determinant of the hydraulic permeability. Since the spacing
between the GAG chains of aggrecan is measured to be 2-6 nm (17), and the spacing between
collagen fibrils, the other constituent of the ECM, is -100 nm, the pore size and hence the
hydraulic permeability of cartilage is determined by aggrecan. In a previous work (3), we applied
the high-bandwidth AFM-based rheology to estimate the hydraulic permeability of normal and
GAG-depleted matrix. In the normal matrix, both aggrecan and collagen network contribute to
the nanomechanics of matrix, however, in GAG-depleted cartilage, the GAG chains are
enzymatically depleted, while the collagen network is still intact. We measured the hydraulic
permeability of the normal cartilage as knormai = 5.4 x 10- 5 ± 2.0 x 10 -5 M4/N-s, which is by an
order of magnitude higher than the hydraulic permeability of the GAG-depleted matrix kGAG-
depleted = 1.3 x 10 -1 ± 0.7 x 10 13 m4/N-s, confirming the hypothesis on the dominant role of
aggrecan in hydraulic permeation of the matrix. In this work, we compared the full-spectrum
nanomechanics of a monolayer aggrecan from fetal bovine at a close-to-physiological GAG
concentration of cmonolayer = 8.7 +2.0 mg/m2 (9), to the nanomechanics of a normal matrix of
young bovine cartilage (from two week calf) (Fig. 4-3a,b; see Supplementary Information for
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measurements of GAG concentrations). We also compared the equilibrium modulus EL Of
aggrecan monolayer, normal and GAG-depleted matrix (Fig. 3a, c), as EL,,Onora = 141.1 + 34 kPa,
EL,GAG-depleted = 90-5 + 18 kPa, and EL,aggrecan = 20.5 ± 1.0 kPa, and showed that the effect of the
aggrecan in stiffness is less dramatic than its effect in hydraulic permeation of the matrix. From
the comparison of EL among the three systems, we conclude that both aggrecan and collagen
play a major role in determining the stiffness of the matrix at the nanoscale, which has
previously been shown in macroscale (15).
We explored the mechanisms underlying the molecular level poroelasticity of aggrecan by
measuring the alterations in hydraulic permeation and stiffness of the human newborn aggrecan
monolayer due to electrostatic and steric interactions. Macroscale (15) and nanoscale studies (7,
9) have shown that the electrostatic interactions between the highly charged GAGs of aggrecan
(33) contribute significantly in the equilibrium compressive modulus of the cartilage. Here, we
explored the role of electrostatic interactions in hydraulic permeation as well as stiffness
properties of aggrecan by changing the ionic strength of the solution, from 0.001 M to 1.0 M
NaCl. The ionic strength controls the electrostatic interactions by shielding of the charges on the
GAG chains. The steric interactions were studied by changing the static strain (from 0.2 to 0.7)
under which the poroelastic properties have been measured, and keeping the ionic strength
unchanged.
By increasing the ionic strength from 0.001 M to 1.0 M, we observed a significant increase in the
equilibrium modulus EL of the aggrecan monolayer, and a slight increase in the high frequency
modulus EH (instantaneous modulus) (Fig. 4-2a,b). We also observed that the self-stiffening
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feature of aggrecan (the ratio of EH to EL, i.e., the increase in stiffness due to loading rate (3))
decreases by increasing the ionic strength, and at the same time, the peak phase angle Op, tangent
of which is proportional to energy dissipation, is lowered (Fig. 4-2a,b). It is well known that an
ideal elastic material has a flat magnitude and phase of the dynamic modulus with no frequency-
dependence, i.e., no energy dissipation and self-stiffening effects. Therefore, we observed that
the higher ionic strength results in aggrecan exhibiting less poroelastic features, and behaving
more as an elastic material (Fig. 4-2a,b). Estimating the axial modulus Ea, and hydraulic
permeability k of the aggrecan monolayer under constant load, we observed that Ea increases
while k decreases significantly by ionic strength (Fig. 4-4d,e, and Fig. 4-5d,e).
By keeping the ionic strength constant and changing the static strain under which the dynamic
loading is performed, we observed that the intrinsic poroelastic properties of aggrecan monolayer
are less sensitive to strain than to ionic strength (Fig. 4-4d,e). We observed that axial modulus Ea
of aggrecan at low ionic strength of 0.001 M, showed negligible changes at static strains ranging
from 0.2 to 0.7, i.e., the aggrecan at this ionic strength behaves as a linear material over a wide
strain range. When the ionic strength is increased and kept at 0.01 M, Ea shows a slight
increasing trend with strain. At higher ionic strength of 0.1 and 1.0 M, Ea increases significantly
with strain (Fig. 4-4d), consistent with previous results (9). The hydraulic permeability k of
aggrecan monolayer at low ionic strengths of 0.001 and 0.01 M showed slight decreasing trend
with strain, while at higher ionic strength of 0.1 and 1.0 M, the variations in k at different strains
were large, and no trend was observed with strain (Fig. 4-4e).
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We showed that electrostatic interactions between the GAG chains play a dominant role in
determining the intrinsic poroelastic properties of aggrecan such as its hydraulic permeability.
We observed that the hydraulic permeability decreased significantly by ionic, . The electrostatic
repulsion between the charged GAG chains plays a key role in the stiffness and persistence
length of the GAG chains and the core protein of aggrecan, as has been shown previously via
course-grained modeling (34), and via direct measurement at low ionic strength (17). By
increasing the ionic strength, the negative charge on the GAG chains are shielded, and results in
lower persistence length of the GAG chain and the core protein. As a result, at a constant applied
force of 320 nN via the AFM tip, the lack of electrostatic repulsion at high ionic strength, results
in a collapse of the GAG chains.
The effect of age and species on the aggrecan nanostructure and nanomechanics is of critical
importance to understand the fundamental molecular processes that takes place in age-related
disease such as osteoarthritis. In previous studies, where aggrecan was visualized via AFM-based
imaging, the two key structural parameters, the trace length of the GAG chain, LGAG and the
trace length of the core protein, Lcp, have been quantified for fetal bovine, newborn human, and
adult human aggrecan (Fig. 4-6a) (10, 17). LGAG and LCp of fetal bovine and newborn human
aggrecan are measured to be similar with the newborn human having longer trace lengths (Fig. 4-
6b,c). However, the adult human, has a significantly shorter LGAG and Lcp than the fetal bovine
and newborn human. In other words, the AFM-based visualization of aggrecan has shown
significant age-dependent (newborn vs. adult) structural alterations, while species-dependence
(bovine vs. human) is not as dramatic as the age-dependence. Here, we showed that the alteration
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in nanostructure of aggrecan across age and species do not affect the hydraulic permeability of
aggrecan (Fig. 4-6e).
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4-4 Conclusions
We isolated a key ECM macromolecule, the GAG-rich proteoglycan, aggrecan from native
cartilage. Dense brush layers of aggrecan having the same packing density as that in normal
cartilage, were end-grafted onto gold-coated substrates for AFM-based nanomechanical studies.
Utilizing a new high frequency atomic force microscope (AFM)-based rheology system, we
quantified the dynamic mechanical behavior of the solid-fluid interactions over a wide range of
frequencies (1Hz - 10 kHz). The wide-spectrum nanomechanics of aggrecan revealed key
features such as equilibrium and instantaneous modulus and a peak in the phase angle of the
complex modulus, which enable us to find the fluid-solid interactions as the main mechanisms in
the dynamic nanomechanics of aggrecan, and quantify the relevant intrinsic properties. For the
first time, the hydraulic permeability of aggrecan layers was measured at the molecular level and
was quantified to be k = 4.8 x 10 -" ± 2.8 x 10 -15 m4/Ns, which closely matched both the
nanoscale and macroscale hydraulic permeability of native cartilage. The mechanisms
underlying the poroelasticity of aggrecan were also investigated and found to be dominated by
the electrostatic interaction between the GAG chains. We also correlated the nanostructure of
aggrecan to its poroelastic function by comparing the equilibrium modulus and hydraulic
permeability of aggrecans from different age and species.
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4-6 Figures
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Figure 4-11 Experimental and moldeing setup (a) Aggrecan monolayer is end-grafted on gold-
coated substrate and indented by a gold-coated AFM colloid (b) Loading profile is composed of
an initial indentation at a specified force, followed by random binary sequence in displacement
with step size of 2-nm covering the frequency range of 1Hz to 10kHz. (d) The mechanical
function of aggrecan in quasi-static loading is controlled by the electrostatic and steric
interaction between GAG side chains. (e) In dynamic loading, solid-fluid interaction determines
the mechanical functions of aggrecan by pressurization and viscous drag effects. (f) The
pressurization due to mechanical loading is simulated by FEM for the aggrecan monolayer.
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Figure 4-2 1 Simulation based on anisotropic poroelastic model, and length scale analysis
confirms that solid-fluid interactions are the dominant mechanism in the dynamic
nanomechanics of aggrecan monolayer (a, b) The magnitude and phase of the dynamic
effective modulus of newborn human aggrecan is measured at different ionic strength of 0.001,
0.01, 0.1 and 1 M in PBS (solid lines). The mean (solid line) and 95% confidence interval
(shaded area) are based on n = 6 different locations on the substrate. The simulation by the
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transversely isotropic finite element model (dashed lines) shows a close match with the
experimental data. (c) The length-scale analysis at different ionic strength confirms our
hypothesis that the governing mechanism in the dynamic mechanical function of aggrecan
monolayer is poroelasticity. The dynamic modulus of aggrecan monolayer shifts toward higher
frequencies when smaller AFM probe is used. The phase data of the dynamic modulus is shown
for two AFM probe with different diameters of D = 45 pm and D = 5 pm, with different contact
distance of d45-pm and d5 -pm. (d) The peak frequencyfpeak for the 45-pm probe (shown in square)
shifts to higher frequencies for the 5-pm probe (shown in circles), which is consistent the
prediction of linear poroelasticity theory,fpea - Id 2 (shown by solid line).
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Figure 4-3 I The consistency of the molecular level and matrix level hydraulic permeability.
The Effective Modulus (a) and Phase (b) are compared between three different systesm: (i)
Normal cartilage composed of aggrecan and other constituents, (ii) GAG-deplted cartilage (Early
Osteoarthritic), where the aggrecan is enzimatically digested and (iii) the aggrecan monolayer
alone.
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Figure 4-4 1 Decoupling the electrostatic and steric interaction between GAG-chains. (a,b)
The variation in magnitude and phase of the dynamic modulus is shown by changing the applied
strain at the ionic strength of 0.1 M. (c) The aggrecan monolayer is covalently bonded to the
substrate and is the lower end is constrained in lateral direction. Therefore, two stiffness values
are assigned to the monolayer: Et, the lateral stiffness, and Ea, the axial stiffness, where Et > Ea.
(d,e,f) The hydraulic permeability k, axial stiffness Ea and lateral stiffness Et of the newborn
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Figure 4-5 1 The modulus of aggrecan monolayer is measured in displacement-control
loading, representative of ECM response. (a) The height of aggrecan monolayer at 0.1 and
0.01 M is shown for both the displacement-control, and load-control measurements. (b) The
aggrecan height is measure via micro-contact printing, followed by AFM imaging at different
ionic strengths and initial load on the AFM tip. (c) The modulus of aggrecan monolayer
measured at displacement control is higher at lower ionic strength (0.01 M), which is consistent
with macroscale experiments on ECM (15). The displacement control is representative of what
ECM feels when aggrecan goes under conformational changes via changes in ionic strength.
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Figure 4-6 I Poroelastic properties of aggrecan estimated across species and ages. (a)
Important structural dimensions of aggrecan varies across age and species (ref: HY Lee, L Han et
al) (b) The hydraulic permeability k for adult human, newborn human and fetal bovine aggrecan
is in the same range for different ionic strengths. (c) The axial stiffness Ea adult human aggrecan
is stiffer than that of newborn human and fetal bovine. Ea is not significantly different between
newborn human and fetal bovine (d) The adult human aggrecan exhibits higher lateral stiffness
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Chapter 5
Depth-dependent self-stiffening, energy
dissipation and poroelastic properties of
normal human cartilage via broad-
spectrum dynamic nanoindentation
* This chapter has been presented as:
H. T. Nia, Y. Li, Y. Wang, I. Bozchalooi, S. Chubinskaya, K. Youcef-Toumi, C. Ortiz and A.
Grodzinsky, "Depth-dependent self-stiffening, energy dissipation and poroelastic properties of
normal human cartilage via broad-spectrum dynamic nanoindentation," Transactions of the 59th
Annual Orthopaedic Research Society 2013, San Antonio, TX, 2013.
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5-1 Introduction
Articular cartilage provides load distribution, energy dissipation, self-stiffening (i.e., increase in
the stiffness of cartilage with increasing loading late) under loading conditions with different
frequency (time) scales ranging from 0.1 Hz (e.g. walking, standing) to 1000 Hz (e.g. running,
jumping and traumatic impacts) (1-6). These mechanical functions are mainly provided by the
two major components of the extracellular matrix (ECM), the collagen network and the
negatively charged aggrecan aggregates, and their interactions with the interstitial fluid (7, 8).
Aggrecan density is known to be relatively low near the articular surface (superficial zone), and
increases to a maximum in the middle and deep zones. In contrast, the collagen content is
relatively constant throughout the depth (9). However, the orientation of collagen fibrils varies
significantly by depth: fibrils are generally parallel to the articular surface in the superficial zone,
randomly oriented in the middle zone, and perpendicular to the cartilage-bone interface in the
deep zone (10). The depth-dependent structure and composition in cartilage give rise to
substantial anisotropy and depth-associated variations in the mechanical functions such as self-
stiffening, hydraulic permeation and energy dissipation.
The depth-dependence of many properties of cartilage have been studied in equilibrium or low-
frequency loading conditions, including compressive modulus during confined compression (11-
13) and unconfined compression (ref), shear modulus (14) and electromechanical properties (11)
in macroscale, and AFM-based stiffness in microscale (15). These depth-dependent properties
have been correlated to the depth-associated compositional and structural properties such as
fixed charge density associated to aggrecan, and the collagen orientation and content. Even
though the depth-dependent and anisotropy of cartilage has been studied for the functions and
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properties under low rate or equilibrium loading, little is known about the heterogeneity and
anisotropy of the properties dealing with the dynamic loading such as running, jumping or
impact loading (8).
In this work, we utilized a new wide-bandwidth AFM-based nanorheology system to measure
dynamic modulus of adult human cartilage in different depth and direction. The key features of
the complex dynamic modulus such as the low- and high-frequency asymptotes of the magnitude
and peak in the phase angle of the complex dynamic modulus were quantified for different
depths covering the superficial, middle and deep zones, and for axial versus transverse loadings
directions. We used a fibril-reinforced finite element model (8, 16) to estimate the depth-
dependent and anisotropy of the intrinsic nanoscale poroelastic properties of cartilage including
the effective Young's modulus of the non-fibrillar network Em, the Young's modulus of the
fibrillar network Ef, and the hydraulic permeability k. In this model the contribution of the
collagen fibers are modeled as in a network, and the individual fibers are not modeled separately.
The Young's modulus of the fibers Ef is assigned to the network of the collagen fibers, no We
associated the increase in EL and the decrease in k, which is consistent with the macroscale
measurements, to the increase in GAG concentration by depth. We also observed an interesting
increasing trend Ef/Em for transverse loading, and an opposite trend in the axial loading. Similar
trend has been observed for the maximum peak angle of the complex dynamic modulus, Op. The
trend in EffEn and 0 p correlates well with the orientation and hence the contribution of collagen
fibrils in stiffness of the ECM. We concluded that the maximum contribution of the collagen
fibrils happens in the (i) superficial zone under axial loading and (ii) deep zone under transverse
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loading, where in both cases the orientation of the collagen fibers is perpendicular to the loading
direction.
5-2 Methods
Cartilage Sample Preparation:
Full-thickness human cartilage disks (3 mm diameter x -1-2 mm thick) were harvested from
lateral and medial sides of grade-1 human femoral condyles (Fig. 5-la), from donors of 60-75
years old, obtained postmortem from the Gift of Hope Organ and Tissue Donor Network
(Elmhurst, IL). Procedures were approved by the Office of Research Affairs at Rush-
Presbyterian-St. Luke's Medical Center and the Committee on Use of Humans as Experimental
Subjects at MIT. From each region, one plug is cut to three disks (Fig I d), with thickness of 0.3
mm, so the upper surface of the first disk represents superficial zone, the second disk, middle
zone, and the third disk, deep zone. The second plug from the vicinity of the first plug is cut
through to obtain a 700 pm-wide (1-2 mm deep) strip of cartilage to expose a flat surface with
complete zonal variation (Fig 1 c). On each strip one row of indentations were performed (+ signs
in Fig 1c). The indentation sites started from near the edge of the intact superficial surface (with
a distance ~ 100 gm) and moved toward the deep zone with an interval of 100 Im for 11 total
sites. The plugs were maintained and tested in PBS.
Wide-frequency A FM dynamic testing:
We utilized a recently developed high-frequency rheology system coupled to a commercial
AFM, MFP-3D (Asylum Research, Santa Barbara, CA) to measure the complex dynamic
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modulus of cartilage over a wide frequency range (1 Hz to 10 kHz). The main component of the
system is a small piezo with which the wide-bandwidth loading is applied. Unlike the z-piezo of
the commercial AFM, the secondary piezo is chosen to be small (2 x 2 x 2 mm) (Physik
Instrumente, Auburn, MA) to maximize the feasible frequency range by pushing the resonance
frequency of the combined piezo system to high frequencies. We made the displacement of the
secondary piezo load-independent by applying a permanent pre-stress to the piezo by clamping it
between a plate and the substrate.
We used polystyrene colloidal probe tips with end radius, R ~ 12.5 Pm (Polysciences,
Warrington, PA) attached to tipless cantilevers with nominal spring constant k - 30.0 N/m
(Budget Sensors, Sofia, Bulgaria).
Loading Profile:
Instead of the previously used sinusoidal seep (ref), we utilized Random Binary Sequence (RBS)
to apply and acquire the dynamic data. RBS has shown the benefit of applying a high power
stimulus, and hence the measured signal has a higher signal-to-noise ratio compared to other
loading profiles (e.g. sinusoidal sweep) (17, 18).
To generate such a RBS signal, a sign operator (sign(x)=l for x > 0 and sign(x)=-1 for x < 0) is
applied to a set of simulated white Gaussian noise data, implemented in LabView (National
Instrument Co., Austin, TX). The amplitude of the resulting dataset is then scaled to the
maximum allowable excitation give to the secondary piezo actuator. To control the bandwidth of
the resulting RBS signal, we applied a low-pass pass filter to the white Gaussian noise, prior to
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the application of the sign operator. In general, it is desired to have most of the excitation energy
to be focused over the frequency range of interest for identification. For example, for a system
where most of the important system information lies over the low frequency region, a low-pass
filter with a sharp cutoff at relatively low frequencies should be applied to the generated white
Gaussian signal prior to further processing. This step would limit the excitation of the system
over the frequency ranges where the dynamics of the system is not of interest, or the
actuators/sensors do not behave in a reliable manner.
The secondary piezo is then actuated by the resulting random binary sequence signal following
an amplification step via a custom-made power amplifier. In this study, the sampling rate of the
measurement was set to f, = 100 kHz, the length of the time series was set to T = 20 s, and the
cut-off frequency of the low pass filter was set atfc = 10 Hz. The digital-to-analog conversions
were performed by data acquisition system NI USB 6351 (National Instrument Co., Austin, TX).
Data Analysis:
The z-piezo voltage from the secondary piezo and the deflection voltage from the MFP-3D were
measured by the analog-to-digital converter NI USB 6351 and LabView. After converting the z-
piezo and deflection voltages to force, Fose, and displacement, , in the time domain, the
frequency domain magnitude and phase were calculated from the Fast Fourier transform (FFT)
of the ratio of the Foc/, using MATLAB function "etfe". The result was smoothed by applying a
Hamming window with the size of 100 samples, in which each time series contained -2x10 6
samples. All data processing was performed using MATLAB (The MathWorks, Natick, MA).
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The magnitude of the dynamic complex indentation modulus at each frequency was then
obtained as (19):
1 E*(f)|= F.(f) 1 (5-1)
9(f ) 2(R90 )
where: R is the probe radius. Fojsc/ was normalized as above based on a Taylor series expansion
of Hertz model to account for the spherical probe tip geometry (19). The phase angle # of the
dynamic modulus represents the phase of the resulting force with respect to the applied
displacement.
Poroelastic Finite Element Modeling:
A fibril-reinforced poroelastic model (16) was implemented in which cartilage is approximated
as a composite composed of an isotropic nonfibrillar matrix (representing the proteoglycan
constituents; same element as used in the isotropic model), a fibril network (representing
collagen fibrils) and a fluid phase (representing the water/electrolyte solution). We implemented
this model by using the soil mechanics capacity of the general purpose commercial finite element
software ABAQUS (Version 6.9, SIMULIA, Providence, RI). We used the axisymmetric
poroelastic elements (CAX4P) because of the symmetry of the problem. The AFM probe tip,
made out of polystyrene, was treated as a rigid solid since polystyrene (E - 3 GPa) is much
stiffer than cartilage (E - 0.05-0.5 MPa). For the boundary conditions, we assumed the indenter
and the substrate surface to be impermeable to fluid flow, and the indenter-cartilage contact
region to be frictionless (7). We set the pore pressure to zero at the top surface of the cartilage
(excluding the indenter contact surface) and the side surfaces of the cartilage to simulate free
draining of the interstitial fluid from the cartilage at those surfaces. The relevant mechanical
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properties to be estimated are the Young's modulus of nonfibrillar matrix EL, the Young's
modulus of the fibrillar network, Er and the hydraulic permeability k of the matrix. We assumed
the Poisson's ratio v = 0.1.
Statistics:
The data for axial and transverse loading are based on n = 3 human joints, based on m = 4 plugs
from each joint. For axial loading each plug is indented and averaged over 3 different indentation
sites. For transverse loading, each plug is indented at 11 sites.
the two rows on each of 3 available plugs (two medial, one lateral). To test independence of peak
frequency, fp, on Fig. 5-3d, linear regression was performed on the normalized peak frequency
vs. depth.
5-3 Results
The wide-frequency dynamic nanomechanics reveals key features for quantifying depth-
dependent intrinsic mechanical properties of cartilage: EL, the low frequency modulus, which is
equivalent to the equilibrium modulus of cartilage; Ep, the modulus at the peak frequency of the
phase lag, which infers important information about the contribution of the collagen network in
the ;mechanical properties of cartilage; 0 p, the maximum phase angle, the tangent of which is
proportional to the energy dissipation; fp, the frequency at which phase angle phi peaks. The
peak frequency is proportional to the product of the modulus and hydraulic permeability via the
following equations:
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freak oc WT (5-2)
where d is the contact distance between the AFM spherical probe tip and the sample. By using a
fibril-reinforced finite element model (7, 16), we will also estimate the hydraulic permeability of
the matrix, k. The dynamic nanomechanics of cartilage at different zonal areas of a typical joint
in axial loading (Fig. 5-3) shows that the four parameters EL, Ep, fp and 0, vary by changing
depth: The equilibrium modulus EL increases by depth, consistent with the macroscale results
(12). We observed an increasing trend in EH, and a decreasing trend infp and Op with depth.
We observed a depth-dependence in the equilibrium modulus EL when measured in axial loading
(p < 0.05). The equilibrium modulus increased from superficial zone (indentation on intact
surface), EL = 52 + 4 kPa to the middle EL = 237+ 40 kPa and deep zone EL = 275+ 62 kPa
(Fig. 5-4 a). The equilibrium modulus measured in transverse loading did not show a depth-
dependence (Fig. 5-4a) for the range of depths starting with an offset of 100 urn from the
articular surface (Fig. 5-1c). The hydraulic permeability decreased for both axial and transverse
loadings; however, the depth-dependence is not significant for both loading directions (p > 0.05).
We estimated the modulus of the fibrillar matrix, Ef, and plotted the ratio of Ef to EL, the
modulus of non-fibrillar matrix, which is equivalent to the equilibrium modulus. This ratio
showed a strong depth-dependence (p < 0.05), for both axial and transverse loading directions.
The ratio of Ef / EL showed decreasing trend for axial loading, and increasing trend for the
transverse loading. These trends correlate well with trend in the change of orientation of the
collagen fibrils with depth, as will be elaborated in the Discussion section. The other quantify
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that correlates with depth-dependent change of orientation of collagen fibrils, is the peak phase
angle, Op. We quantified the 0 p as a function of depth, and observed depth-dependent (p < 0.05)
decreasing trend for axial loading, and a depth-dependent (p < 0.05) increasing trend for the
transverse loading (Fig. 5-5b).
5-4 Discussion
We utilized a novel wide-bandwidth AFM-based nanorheology system to measure the complex
dynamic modulus of adult human cartilage in a broad frequency range of 1-1000 Hz in different
depth and direction of loading. We observed the key features of the complex dynamic modulus
such as the low- and high-frequency asymptotes of the magnitude and peak in the phase angle of
the complex dynamic modulus, and measured their variations for different depths covering the
superficial, middle and deep zones, and for axial versus transverse loadings directions. We used
a fibril-reinforced finite element model (8, 16) to estimate the depth-dependent and anisotropy of
the intrinsic nanoscale poroelastic properties of cartilage including the Young's modulus of the
non-fibrillar network EL, the Young's modulus of the fibrillar network Ef, and the hydraulic
permeability k. We associated the increase in EL and the decrease in k, which is consistent with
the macroscale measurements, to the increase in GAG concentration by depth. We also observed
an interesting increasing trend EIEm for transverse loading, and an opposite trend in the axial
loading. Similar trend has been observed for the maximum peak angle of the complex dynamic
modulus, Op. We showed that the depth-dependence in Ef/Em and 0 p correlates well with the
orientation and hence the contribution of collagen fibrils in stiffness of the ECM. We concluded
that the maximum contribution of the collagen fibrils happens in the (i) superficial zone under
151
axial loading and (ii) deep zone under transverse loading, where in both cases the orientation of
the collagen fibers is perpendicular to the loading direction.
Except for the articular surface, all the indentations are applied on a surface of the cartilage that
is cut by microtome or razor blade. At such surfaces the collagen fibrils are not in intact
condition, and if the AFM tip end radius is smaller or comparable to the diameters of the
collagen fibrils (20, 21), the measurements may not reflect the effective properties of the matrix.
To resolve this issue, we chose an AFM tip with end diameter of 25 im, so with an indentation
depth of 2-3 pm, the contact distance between the AFM tip and cartilage is 14-17 im, much
larger than the collagen fibrils diameter ranging from 10-100 nm (22). With this large AFM tip,
the resulting force and displacement is due to the ECM, and the end-cut of the collagen fibrils
have minimal effect on our dynamic measurements.
5-5 Conclusion
We utilized a new wide-bandwidth AFM-based nanorheology system to measure dynamic
modulus of adult human cartilage in different depth and direction. We quantified the key features
of the complex dynamic modulus such as the low- and high-frequency asymptotes of the
magnitude and peak in the phase angle of the complex dynamic modulus depths varying from
superficial zone to middle and deep zones, and for different loading directions of axial versus
transverse. We used a fibril-reinforced finite element model to estimate the depth-dependent and
the intrinsic nanoscale poroelastic properties of cartilage including the Young's modulus of the
non-fibrillar network Em, the Young's modulus of the fibrillar network Er, and the hydraulic
permeability k. The equilibrium modulus, measured in axial loading, increased from EL = 52 ± 4
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kPa at superficial zone (indentation on intact surface), to EL = 237+ 40 kPa at the middle and EL
= 275+ 62 kPa at deep zone. However, we did not observe a depth-dependence in EL for in
transverse loading. The hydraulic permeability decreased for both axial and transverse loadings;
however, the depth-dependence is not significant for both loading directions.
Interestingly, we observed an increasing trend Ef/Em for transverse loading, and an opposite
trend in the axial loading. Similar trend has been observed for the maximum peak angle of the
complex dynamic modulus, Op. The trend in EtIEm and Op correlates well with the orientation
and hence the contribution of collagen fibrils in stiffness of the ECM. We concluded that the
maximum contribution of the collagen fibrils happens in the (i) superficial zone under axial
loading and (ii) deep zone under transverse loading, where in both cases the orientation of the
collagen fibers is perpendicular to the loading direction.
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Figure 5-1. (a) Cartilage samples are harvested from Collins grade-1 human femoral condyles
(b) The loading profile is composed of an initial indentation of 2-4 urn depth, followed by
random binary sequence (RBS) with displacement amplitude of 5 nm. Exciting the sample with
RBS results in broad band quantification of the dynamic nanomechanics of the sample (1Hz <f
< 10 kHz), with high signal-to-noise ratio. (c) AFM-based dynamic indentation is performed in
the transverse direction, with 11 indentation sites covering superficial, middle and deep zones.
(d) Same measurements are performed in the axial direction on three different disks cut from the
same full-length plug. The indentation on the first disk is performed on the intact superficial
zone, and the second and third disks represent middle and deep zones, respectively.
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Figure 5-2. Duality between the time-domain (stress-relaxation) and frequency-domain
(dynamic modulus) nanomechanics of cartilage. The time domain nanomechanics of the sample
is shown with an applied (a) step function in displacement, and a measured (b) force-relaxation
curve. The displacement step size is -10 nm, and the maximum measured force is -20 nN. The
ratio of the Fourier Transform of the measured force to the applied displacement results in the
complex dynamic modulus in frequency domain, reported here as magnitude IE*l (c) and phase
angle 0 (d). The duality between the time-domain stress relaxation and the frequency-domain
dynamic modulus holds in this study where the system remains linear and the contact geometry
is unchanged because of the nanoscale deformation of the sample.
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Figure 5-3. The magnitude (a) and phase angle (b) of the dynamic modulus is plotted for
superficial, middle and deep zones of a typical plug in axial loading. Solid line represents the
mean and the shade represents the 95% confidence interval (m = 4). The low frequency modulus
EL, the modulus Ep at peak frequency, the peak angle 0 p and peak frequency fp undergo
variation by moving the indentation sites from superficial middle and deep zones.
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Figure 5-5. (a) Ratio of fibrillar to non-fibrillar matrix modulus Ef/Em and (b) the peak phase
angle Op are shown for both axial and transverse loading as a function of depth. (mean ± SE, n =
3 human knees, based on a mean of m = 4 plugs from each knee).
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Appendix A
Dynamic Nanomechanics of Chondrocyte
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Al Introduction
Although the biomechanics of isolated cells has been studied for many years, it is not yet fully
understood how the force and displacement from extracellular matrix transfers to the intracellular
components of the cell once it crosses the membrane. As a result, it is not completely understood
how to relate a biophysical/mechanical stimuli in the extracellular matrix to specific proteins or
organelles inside the cell (1-3). Problems in reaching this goal stem in part from technological
limits, e.g., testing the cell response to mechanical loads over a wide range of frequencies, and
consequently the lack of a unique model to predict the role of intracellular components in the cell
mechanical response. For example, for an AFM dynamic compression of test in which the entire
cell is stimulated, the applied frequency range has typically been limited to 0.1 - 100 Hz (4). This
rather narrow frequency range depicts a weak power law relationship between the cell dynamic
modulus and frequency, i.e., lacking any distinct features such as an asymptote or peak.
Interpretation of such power law behaviors may be limited if the measurements are carried over a
limited frequency range (5, 6). By utilizing a much broader frequency range, e.g., the newly
developed high-frequency rheology system developed in our lab, it may be possible to
characterize cell biomechanical behavior over the wider frequency range of 0.1 Hz - 10 kHz,
using the geometrical control provided by AFM-based compression.
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A2 Materials and Method
Cell Isolation:
Chondrocytes are isolated from femoral condyle cartilage of 2-3 week old bovine calves using
sequential 0.2% pronase (Sigma) and 0.025% collagenase (Boehringer Mannheim) digestions as
previously described (7). Cell viability after isolation, assessed by trypan blue (Sigma) exclusion,
is >95%.
For each group of 4-5 cells, an AFM probe tip is used to position each individual chondrocyte
into one of the inverted pyramidal wells of a silicon substrate in (Fig 2a). We observe the cells
and substrate directly via the optical microscope of AFM (1Ox), as previously shown (8).
Cell Nanoindentation:
Silicon substrates, created from silicon wafers at the MIT Microsystems Technology Laboratory
and containing an assortment of inverted square pyramidal wells (side dimensions of 15, 18, 20,
22 mm), were used to help isolate a single chondrocyte cell prior to indentation. Piranha solution
(3:1 (vlv) concentrated H2 SO 4 / H 2 0 2 ) was used to clean the substrates, and acetone and DI
water were used to rinse them. A 30ptL volume of cell suspension was added to the top of the
substrate and was allowed to settle for 5 minutes. A I Ox optical microscope attached to the AFM
was used to examine the cells and underlying substrate, and the AFM probe (tipless, nominal
spring constant k-2.7N/m, Veeco, Model: NP-010) was used to move a cell into a pyramidal
well. After confirming that the tip was above the cell using a force curve, an indentation of 1-4
[Lm was then made on the isolated cell, and subsequent cell relaxation was allowed to occur for
10 seconds. A sinusoidal oscillation was then applied to the cells using the previously described
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hardware setup. The thermal oscillation method was again used to calculate the spring constant
of the AFM cantilever used in the study (Hutter and Bechloefer, 1993).
In alternative approach to immobilized chondrocytes, the silicon substrates were coated by Poly-
Lysine (Sigma Aldrich). The Poly-Lysine was dissolved in DI water with lmg/ml concentration.
The silicon substrates with coated with the solution for 5 minutes, and thoroughly rinsed
afterward. The substrates were air dried and read to use after 2 hours.
Hydrodynamic Tests:
During a hydrodynamic test, the AFM cantilever (tipless or colloidal R=25 pm, nominal spring
constant k-2.7N/m, Veeco, Model: NP-010) was placed over the AFM substrate at various
distances (0.5, 1, 2, 3, 4, 6, 8, 10, 16, 32, 64, and 128 gm) as measured from the bottom of the
AFM tip to the substrate. An oscillatory load (amplitude = 800nm) identical to what was
performed on the samples was then conducted as the cantilever hovered above the substrate. The
data were then analyzed and processed in order to determine whether an increase in deflection
occurred at high frequencies, indicating the presence of a hydrodynamic effect.
A3 Results and Discussion
We observed an ascending trend in both magnitude and phase of the dynamic modulus of the
chondrocyte (Fig. A2). The magnitude and phase lag increased mildly from the frequency of 1
Hz to ~ 3 kHz. We observed a peak in the phase lag at the frequency of - 3 kHz. At this
frequency the magnitude started to increase with a much higher slope. The sudden change in the
slope of the magnitude and the sudden drop in the phase lag after the peak frequency, was
suspected to be due to hydrodynamic effects. To explore the hydrodynamic effects, we
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performed the same measurement with the chondrocyte removed from the system. We applied
the same loading, on the same cantilever with the distance of -5 [Lm from the substrate. The
resulting change in magnitude and phase of this system is the result of hydrodynamic effects
solely. Unexpectedly, we observed that the steep increase in magnitude after the peak frequency
of the phase, and the steep drop in phase angle after this frequency are due to hydrodynamic
effect.
In order to explore the possibility that a hydrodynamic effect was influencing the data at high
frequencies, we systematically studied the hydrodynamic effects by using a tipless AFM
cantilever oscillating in solution. The results showed that a deflection on the cantilever was
created as a result of the high frequency oscillations and that this deflection decreased as the
distance between the AFM tipless cantilever and substrate surface increased (Figure 5a). In
order to test whether the addition of an AFM tip would decrease the hydrodynamic effect, a
spherical tip (R~25ptm) was attached to the AFM cantilever. The tip was then oscillated above
the substrate surface at various distances as in the previous experiment. The results showed that a
smaller deflection on the cantilever was created during the high frequency oscillations and that
this deflection again decreased as the distance between the AFM cantilever and substrate surface
increased (Fig. A3).
As mentioned above, data acquired at oscillatory frequencies higher than 1 kHz during the cell
indentation experiments seemed contaminated with hydrodynamic effects. Consequently, in
order to determine how the addition of a spherical tip affected the presence of a hydrodynamic
effect at this problematic point, the deflection magnitude was obtained for both the tipless and
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spherical tipped cantilevers at 1 kHz. The results showed that the addition of the AFM tip
decreased the amount of deflection experienced by the cantilever during oscillations at 1 kHz
(Fig. A3). Although the hydrodynamic effect decreased with the addition of a spherical tip, it
was still large enough that it would prevent the acquisition of reliable data at frequencies much
higher than 1 kHz.
A4 Conclusions
We quantified the dynamic nanoindentation of chondrocyte with oscillation amplitude of 2 nm,
in the frequency range of 1 Hz to 10 kHz. The data reflects the dynamic mechanical properties of
chondrocyte until the frequency of - I kHz. For frequencies higher than I kHz, we showed that
the hydrodynamic interactions between the tip and oscillating substrate is significant and
dominating the results at higher frequencies. Using a systematic approach, we quantified the
hydrodynamic interactions for a tipless and colloidal AFM tip at different spacing between the
tip and substrate. In conclusion, we observed an ascending trend in both magnitude and phase of
the dynamic modulus of the chondrocyte over the frequency range of 1 Hz to 1 kHz. The
observed behavior for frequencies above 1 kHz, e.g. the peak in the phase lag, is mixed with
hydrodynamic interactions and does not reflect the mechanical properties of the chondrocyte.
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Figure Al. (a) Schematics of chondrocyte attached to the substrates coated by poly-lysine and
(b) confined in inverted pyramidal wells. The AFM dynamic indentation was applied by new
high-frequency system (c) with the loading profile given in (d).
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oscillatory frequencies: (a) Deflection (V) vs. frequency showing data related to cell stiffness, (b)
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Figure A3. Hydrodynamic effect data: (a) Deflection vs. frequency during an oscillatory test
above silicon substrate using a tipless cantilever (key distances: 0.5pm - red, intermediate
distances - blue and black, 128pm - green), (b) Deflection vs. frequency during oscillatory test
above silicon substrate using spherical tip (R=25pm)(key distances: 0.5 pm - red, intermediate
distances - blue and black, 128pm - green), (c) Normalized deflection vs. distance from
substrate using deflection values at 1kHz from oscillatory tests using tipless or spherical probe
tip.
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Appendix B
Electromechanics of
Nanoscale
172
Cartilage at the
B1 Introduction
Cartilage structure and its mechanical and electromechanical behavior have been studied
extensively in tissue (macro) scale for both healthy and OA cartilage throughout the past few
decades. These studies include characterizing the time-dependent electromechanical behavior of
cartilage (1, 2), investigating the role of major constituents of cartilage such as collagen and
proteoglycans on its electromechanical behavior, and the effect of the disease initiation and
progression on the mechanical and electromechanical behavior of cartilage (3). Recent studies of
micro- and nanoscale mechanics of cartilage and chondrocyte pericellular matrix using AFM-
based indentation (4-9) have begun to relate matrix molecular structure to its mechanical
response. The focus of these multi-scale studies was mainly elasticity of the tissue, considering
the tissue as a single, solid component, which cannot account for the important contribution of
the fluid phase and its electromechanical interaction with the solid phase. Interactions in the
form of frictional drag (poroelasticity) and mobile counter-ion convection (electrokinetic
interactions) play a significant role in the electromechanical behavior of the tissue, which is not
well understood at the nanoscale.
B2 Materials and Method
Electrokinetic interactions measured by AFM:
Our initial goal was to use the experimental setup shown in Fig. B l a to measure the current-
generated stress caused by applying a potential between the tip and the substrate over which the
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sample is located. The applied voltage is oscillatory in the frequency range of 0.1 Hz to 10 kHz,
and we expect to measure oscillatory AFM cantilever deflection at the same frequency. The basis
of the current-generated stress is electro-osmotic flow of intra-tissue fluid coupled
poroelastically with electrophoretic displacement of the charged extracellular matrix. The
applied field produces a force on the mobile counterions in the interstitial fluid and oppositely
directed force on the ionized charge groups fixed to ECM macromolecules (e.g., aggrecan). Due
the conservation of mass and the boundary conditions, the net movement of the fluid into and out
of the tissue is zero. Instead, the fluid is electosomotically redistributed within the ECM while
the charged solid matrix is simultaneously translated electrophoretically in the opposite direction
(10).
Numerical solution of the fully coupled electrokinetic and poroelastic system:
The equations describing the electrokinetics and the poroelasticity of cartilage are highly coupled
and nonlinear. Therefore, an analytical solution for the fully coupled system does not exist.
Finite element method (FEM) has been proposed (11, 12) to solve the coupled electromechanics
of cartilage , however, the elements developed by these studies have not be implemented in
commercial FEM software. Implementation of the finite elements for complex geometries, as is
found in indentation of cartilage, is extremely cumbersome and requires background in
developing elements for FEM. We therefore decided to use finite difference approach (13) to
numerically solve the coupled electromechanics of cartilage. Starting from the laws of
conservation of momentum, mass and electric current, together with the constitutive laws of
stress-strain and Darcy's law, we derived the following five coupled equations for five
unknowns: pressure P, displacement u, velocity U, current J and potential V (the bold variables
are vector and the Italic variables are scalar) (2, 14).
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-VP+(L+ )V(V -u)+ pV2U = 0 (1)
V-U+V--=0 (2)
tt
U =-(kVP+k J ) (3)
VV =keVP-J/k22  (4)
V-J=o (5)
The constants A and yt are the Lame's constant describing the elasticity of the system, k is the
hydraulic permeability, ki and ke are the constants describing the coupling between the
electrokinetics and poroelastic properties of the material. For the case of the unconfined
compression, the boundary conditions are defined in Fig. B2. We used the following values for
the geometrical and material properties used for this simulation: L = 1.5 mm, H = 1.0 mm, uO = 10
um,A = 0, p = 0.5 MPa, ke = 2.18 x 10-8 V/Pa, k = 3 x 10-1 mf/N.s.
B3 Results and Discussion
The streaming potential induced by the oscillatory AFM-based deformation of the cartilage at the
nanoscale was smaller than the capabilities of our measurement setup. Using an amplifier with
gain of 40000, we were able to measure voltages in the order of 10 pV, however, the nanoscale
streaming potential seemed to be below 10 pV. We also tried to measure the dual of the
streaming potential, i.e., the current-generated stress via AFM. In this method we apply a
175
potential difference between the AFM tip and the substrate over which the cartilage sample is
placed. The potential difference induces current, which itself induces mechanical stress over the
AFM tip. For this purpose we need to fabricated a special AFM-based microelectrode (Fig. B 1 a),
where there is electric conductance between the tip of the AFM tip and the endpoint of the AFM
chip. Since the entire AFM tip is submerged in solution, we need to only expose the tip of the
AFM tip and have the rest of the tip electrically insulated. To fabricate the AFM-based micro-
electrode shown in Fig. Bla, we proposed to gold-coat the AFM tip and chip to ensure electric
conductivity between the tip of the tip and the endpoint of the chip. To insulate the part of the tip
that is not in contact with cartilage, we proposed to coat the entire set with parylene C (15, 16),
and expose the area that is in contact with cartilage during indentation by Focused Ion Beam
(FIB) (15-17).
For the numerical scheme, the convergence test is performed by calculating the potential at
center line of the sample in Fig. B2. The streaming potential, which is induced due to
compression of the sample, is a constant and known from analytical solution (14). The curves on
the lower part of Fig. B3 show the potential at the initial iterations of the finite difference scheme.
As the iteration number increases, the potential curve approaches a flat line. We set the final
iteration number to n = 10000 for fully convergence of the finite difference method.
Using the iteration number n = 10000, the streaming potential, pressure, and axial and radial
displacements are calculated and shown in Fig. B4. The potential difference between the center
line and the surrounding (V=0) is the streaming potential caused by the fluid flow in the radial
direction. The pressure gradient and electric potential are uniform in the z direction as predicted
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by the analytical method. The axial displacement is uniform in the radial direction, however, the
radial displacement is zero at the upper and lower boundaries as well as the center line. Due to
this asymmetry, we observed a non-uniform distribution of the radial displacement.
We validated the results of the numerical solution with the analytical results (14). We chose the
magnitude and phase of the electric potential as a function of the frequency of loading. The
phase and magnitude both started from an asymptote at low frequencies, which represents the
equilibrium response of the system. By increasing the frequency the magnitude increased and the
phase decreased as predicted by the analytical solution. For higher frequencies, our numerical
simulated encountered convergence issues; this potentially is caused by the incompressible
behavior of the material at high frequencies (18). The suggested options to resolve the
convergence problem are to decrease the mesh size, use higher order discretization of differential
equations and boundary conditions, and rewriting/solving the differential equation in terms of the
unknown variables that are less sensitive to incompressibility at high frequencies.
B4 Conclusions
The goal for studying the electromechanics of cartilage at the nanoscale included the
experimental AFM-based measurements of the streaming potential and current-induced stress, as
well as theoretical simulation of these processes. The experimental measurement of streaming
potential has been performed, however, due to the ultra-small value of the electric potential, we
were not able to measure the streaming potential induced by the nanoscale deformation of the
sample via AFM colloidal tip. The dual electrokinetic problem, i.e., measuring the current-
induced stress due to an applied voltage has not been carried out due to technological problems
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with fabrication of the AFM-based micro-electrode. For the simulation part, finite difference has
been utilized successfully to numerically solve the couple electromechanical equations for
cartilage. The numerical simulation has been validated for unconfined compression for which the
analytical solution exists. Both the experimental and numerical work can be extended for the
AFM-based indentation of the cartilage with successful micro-fabrication of the AFM-based
electrodes.
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Figure B1 (a) The mechanical and electromechanical properties of cartilage measured using
AFM in indentation mode, equipped with appropriate microelectrodes to apply current or to
measure electricdal potential. (b) Pore pressure distribution simulated by FEM (19).
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Figure B2. The boundary conditions for radial displacement ur, axial displacement uz, pore
pressure P and the electric potential V are described for the unconfined compression system. This
boundary value problem is chosen to compared and validate the results obtained by finite
difference approach and analytical method (14).
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10000.
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solution (14) (in black).
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Appendix C
Electromagnetics of Cartilage
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C1 Introduction
The earliest stage of Osteoarthritis (OA) is accompanied by depletion of Glycosaminoglycans
(GAG). The present day diagnosis of OA includes X-ray joint spacing measurement, MRI (1),
biomarkers (2), arthroscopic microscopy (3). Despite these methods, there is no reliable
approach to diagnose OA in early stages where disease modifying management might be
possible. For example studies have shown that the cartilage loss is high before joint space
narrowing can show any symptom of OA (4). Streaming potential has previously been proposed
as an indicator of GAG loss (5, 6), based on the charge separation that is induced by
compression-based fluid flow through the negatively charged GAGs. Despite the high potentials
of streaming-potential-based methods, they require implementation of electrodes to be in touch
on the surface of the cartilage, which categorizes this method in invasive approaches.
We explored the potentials of measuring electromagnetic fields caused by the streaming current
as an indicator of GAG presence or loss. Previously, Magnetoencephalography (MEG) has been
used a sensitive tool to measure the electromagnetic field of produced by the electrical currents
occurring naturally in brain (7). The first generation of MEGs were based on induction coil
placed in magnetically isolated rooms to measure fields in the order of pT (pico Tesla). Later
generations of MEG were equipped with SQUID magnetic sensors (8), enabling high-resolution
of magnetic field measurement in the order of fT.
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C2 Method and Materials
We fabricated a confined compression, unconfined compression and flat-punch indentation
chamber. A schematic of the confined compression chamber is shown in Fig. Cl. The
compression of the cartilage causes the interstitial fluid flow through the solid matrix, abundant
with negatively charged GAGs. The charge separation causing by fluid flow gives rise to
voltages called streaming potentials. By forming a closed loop by connecting the upper surface
of the cartilage to the lower surface, we provided a path for the electric current to flow. This
electric current generates the magnetic field around the cartilage plug that can be measured using
MEG. This magnetic field is directly related to the GAG content of the cartilage, the main
macromolecule responsible for the electrokinetic properties of cartilage, and the molecule that is
targeted first in OA.
Since the magnetic field due to streaming current is ultra-low, the measurements need to be
carried out in magnetically isolated rooms (9). All the devices, including the compression
chambers need to be made out of plastic materials. In order to reduce the magnetic field due to
the metal particles that are remained on the setup after machining, the entire setup has been
demagnetized by a degausser (10).
The compression is performed manually using adjusting screws. In order to avoid contamination
of the data with the magnetic field of the operator muscles, the actuation parts are separated from
the compression chamber with a spacing rod with -30 cm length (Fig. C2). In order to
automatize the compression, we tried piezo-based actuation systems, which gave a high noise on
the measured magnetic fields even when the piezo is placed in a distance as far as -50 cm from
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the MEG helmet. A potential approach is to use pneumatic actuation systems, where the
components of the systems are all made out of non-metal materials.
The MEG helmet is composed of over 100 magnetometers and gradiometers. The compression
chamber is placed on the side of the helmet (Fig. C2) and the closest channel is specified before
running the test.
All the samples were taken from femoropatellar groove of young bovine cartilage. The plugs
were harvested from the middle zone cartilage in the form of disks with 6 mm diameter and 3mm
height. The samples were kept in PBS with protease inhibitor and the test has been performed
within 6 hours after harvesting the plugs.
C3 Results and Discussion
The tests have been performed for confined, unconfined compression and indenation with open
and closed electric path between the top and bottom surface of the cartilage. A Typical time
series data for confined compression when the electric path is closed are shown in Fig. C3 for
five MEG channels. The channel 3 is the closest channel to the compression chamber, hence
depicting the highest signal-to-noise ratio. The channel 3 clearly shows the loading and
relaxation phases. The compression is performed manually in 10 fast cycles (period - 1s),
followed by 10 slower cycles (period -5s). The relaxation happens both at the compression and
decompression, shown in Fig. C4 as the positive and negative peaks, respectively. The magnetic
field due to streaming current is in the order of -50 pT/m, caused by compression ratio in the
order of 10%.
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When the electric path is open, the measured signal is lower than the ambient noise. We believe
the majority of the streaming current by induced charge separation is canceled out by Ohmic
conduction through the cartilage, which is in the opposite direction of the streaming current.
Hence, the overall current is negligible and not measurable. When the loop is closed by a wire
providing ohmic conduction between the top and bottom surface of cartilage plug, the streaming
current is flowing through a loop and is not canceled immediately inside the cartilage plug, as is
measured and shown in Figs. C3-4.
We tried different compression geometry including unconfined, and indentation type
compression in addition to confined compression, to explore the effect of geometry on the
current distribution. The magnetic field due to streaming current in all configurations was not
measurable except the case when the electric path is closed by an external wire connecting the
top and bottom surface of the plug.
C4 Conclusions
We were able to measure the magnetic field due to confined compression of a middle-zone
bovine cartilage giving rise to charge separation and streaming potential and currents. The
magnetic field has been measured to be - 50 pT/m, for the confined compression system where a
closed loop has been formed by an external wire connecting the top and bottom surface of the
cartilage plug. For the system without the external wire, the magnetic field was below the
ambient noise, and was not measurable. The measured magnetic field is due the streaming
current, which is caused by the charge separation due to fluid flow caused by mechanical
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compression. The magnetic field and streaming current are a direct indicator of the presence the
fixed charges, here GAGs, which potentially can be used as a non-invasive detector of GAG loss.
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Figure C1. (a) The schematic of the magnetic field induced by confined compression of
cartilage. (b) The confined compression of cartilage is closed loop by connecting the top
electrode in the solution to the bottom electrode in touch with the cartilage. The current induced
by compression of cartilage flows through the wire connecting the electrodes.
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C6 Figures
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Figure C2. The confined compression setup made out of non-magnetic materials is placed inside
the MEG (Magnetoencephalograpy) helmet. The compression is applied manually by adjusting
the screw shown. The spacer rod is placed to keep enough space between the MEG helmet and
the operator hand to avoid contaminating the measured signal with the magnetic field of the
operator's muscle.
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Figure C3. The magnetic gradient field is shown for five channels, one close to the confined
compression chamber (Channel 3) and the rest at a farther distance. Channel 3 shows the
relaxation signal at two different loading rate: fast loading rate with 10 repeats during the first
10s, and slow loading rates with 10 repeats during the following 40s.
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Figure C4. Channel 3, the channel close to the confined compression chamber shows clearly the
peak in the magnetic field caused by compressing (the positive peak) and decompressing (the
negative peak) cartilage.
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